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INTRODUCTION: 


Our  applied  research  program  has  significantly  advanced  the  development  of  novel  methods  and  advanced 
hardware  for  low-magnetic-field  MRI.  Without  major  innovation,  high-field  MRI  instruments  offer  limited  util¬ 
ity  for  imaging  TBI  in  widely  deployable  contexts.  We  have  taken  on  the  critical  challenges  that  must  be  solved 
to  enable  deployment  of  a  transportable  human-head  MRI  system  applicable  to  TBI  imaging  in  battlefield  medi¬ 
cal  facilities.  We  have  established  proof-of-principle  for  a  suite  of  techniques  and  technologies  to  advise  future 
development  of  a  field-deployable  MRI  instruments  with  high  diagnostic  impact.  This  research  effort  had  two 
specific  aims: 

Specific  Aim  1:  Develop  low-field  human-head  MRI  (LFI)  suitable  for  high-resolution  imaging,  and  improve 
the  ability  to  attain  brain  images  based  on  the  intrinsic  in  vivo  'H  NMR  signal. 

This  work  includes  the  development  of  two  robust  low-field  scanner  hardware  methodologies  (electromagnet 
based  and  permanent  magnet  based),  the  development  of  novel  high-efficiency  single-  and  multi-channel  detec¬ 
tion  systems,  and  work  on  advanced  adaptive  reconstruction  methods  including  navigators  and  sparse  sam¬ 
pling. 

Specific  Aim  2:  Develop  injury-sensitive  MRI  based  on  converting  the  electron  spin  of  free  radicals  associated 
with  injury  (specifically  TBI)  into  nuclear  polarization  using  the  Overhauser  effect  and  subsequently  imaging 
that  modified  nuclear  polarization  using  low-field  MRI  (OMRI).  The  demonstration  of  OMRI  of  free  radicals 
associated  with  injury  will  enhance  image-based  injury  specificity  and/or  shortening  scan  acquisition  times  in 
the  low- field  MRI  systems  of  Aim  1, 

This  work  includes  the  development  of  a  new  high-speed  OMRI  acquisition  strategy,  the  development  of  new 
high  efficiency  double  resonator  designs,  and  the  demonstration  of  this  new  MRI  contrast  mechanism  in  a 
model  system  in  vivo. 


BODY: 

The  ability  to  acquire  high-quality  images  with  ultra-low  field  MRI  has  improved  dramatically  as  a  result  of  our 
suite  of  improved  hardware  and  image  acquisition  strategies  in  the  6.5  mT  electromagnet  LFI  (Aim  1).  We  have 
validated  image  quality  in  multi- compartment  head- shaped  phantom  developed  for  this  work,  including  images 
acquired  using  a  new  single- channel  receiver  coil  design  optimized  for  human  heads  [1].  This  receiver  coil  de¬ 
sign  demonstrates  performance  that  exceeds  the  more  complex  multi-channel  designs  developed  earlier  in  our 
work  [2],  This  system  has  for  the  first  time  demonstrated  that  high-quality  MRI  of  human  heads  can  be  ac¬ 
quired  at  ultra-low  magnetic  field  [3]  over  short  acquisition  times. 

Additionally,  our  permanent  magnet-based  rotating  Halbach  LFI  (Aim  1)  has  moved  toward  the  acquisition  of 
true  3D  datasets  in  the  Halbach  magnet  portable  imaging  prototype  [4],  For  the  first  time,  three  key  ingredients 
-  “built-in”  2D  encoding  using  a  rotating  B0  encoding  field,  phase  encoding  with  a  linear  phase  RF  transmit  coil, 
and  broadband  RF  pulses  [5]  -  were  brought  together  to  enable  three-axis  encoding  in  an  inhomogeneous  B0 
field  with  no  gradient  coils  . 
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Our  work  on  the  detection  of  free  radicals  (Aim  2)  using  low-field  MRI  has  focused  on  decreasing  the  image  ac¬ 
quisition  time  in  Overhauser  MRI,  and  on  improving  the  detection  limit  to  low  concentrations  of  free  radicals 
in  synthetic  radical  solutions.  To  this  end,  we  have  developed  a  new  high  speed  approach  to  imaging  free  radi¬ 
cals  with  MRI  [6].  We  determined  that  significant  improvements  were  still  needed  in  the  manner  in  which  our 
OMRI  detection  is  performed  before  we  could  attain  sensitivity  to  superoxide,  and  to  that  end  have  improved 
our  OMRI  detector  hardware  and  attained  a  3-fold  improvement  in  SNR  and,  critically,  wide-range  tunability 
has  been  attained  [7]. 

The  Annual  Reports  generated  during  the  period  of  performance  of  this  work  contain  detailed  technical  de¬ 
scriptions  of  the  hardware  and  image  acquisition  strategies  for  both  Aims.  We  summarize  in  this  Final  Report 
the  major  innovations  of  each  Aim,  and  attach  the  relevant  peer-reviewed  journal  publications  that  provide  ad¬ 
ditional  detail  not  included  in  the  Annual  Reports. 

Aim  1:  Development  of  Low  Field  Imagers  (LFIs) 

We  have  developed  two  approaches  to  MRI  at  low  magnetic  field.  The 
first,  the  electromagnet  LFI  (shown  below)  is  an  ideal  state-of-the  art 
test  bed  for  all  of  the  novel  acquisition,  detection  methodologies,  and 
reconstruction  algorithms  including  navigators  and  sparse  sampling, 
and  additionally  will  provide  necessary  experience  and  data  to  advise 
optimal  construction  and  magnetic  field  for  any  future  electromagnet- 
based  deployable  systems.  Currently,  this  state-of-the-art  scanner  ena¬ 
bles  high-performance  spectroscopy  and  8-channel  imaging  at  6.5  mT, 
and  is  fully  equipped  for  Overhauser  DNP  experiments. 

The  second  approach  to  low  field  MRI  is  a  permanent  magnet  system 
build  around  a  lightweight  (45  kg)  Halbach  array.  This  Halbach  array 
scanner  is  a  highly  specialized  and  potentially  disruptive  technology 
scanner  that  could  greatly  ease  both  the  cost  and  burden  of  a  field- 
forward  instrument  purpose-built  for  TBI  imaging.  This  Halbach  im¬ 
ager  contrasts  markedly  with  the  electromagnet  LFI  in  that  it  has  a 
highly  inhomogeneous  magnetic  field,  but  we  use  this  inhomogeneity 
to  our  advantage  as  an  encoding  field  to  acquire  head  images  without 
the  use  of  an  additional  gradient  set. 

6.5  mT  ultra-low-field  electromagnet  LFI: 

High  performance  imaging  in  the  6.5  mT  LFI  has  focused  on  significantly  reducing  acquisition  time  at  low  field 
using  fast  imaging  techniques.  Fast  imaging  was  implemented  in  the  LFI  using  3D  balanced  steady-state  free 
precession  sequences  (b-SSFP).  To  the  best  of  our  knowledge,  our  results  represent  the  first  time  that  b-SSFP 
has  been  successfully  implemented  in  a  low  magnetic  field  scanner  and  represents  a  tremendous  improvement 
for  high  speed  MRI  at  low  magnetic  field,  representing  more  than  a  100-fold  time  savings  compared  to  tradi¬ 
tional  gradient  echo  imaging  in  this  regime. 
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With  this  test-bed  LFI  we  developed  a  remarkably  simple,  non-cryogenic  approach  to  low-field,  high- 
performance  human  brain  MRI  that  results  from  a  program  of  advanced  hardware  and  high  efficiency  pulse  se¬ 
quence  development,  combining  fully  refocused  steady-state  sequences  with  modern  /c- space  undersampling. 
Our  recent  human  head  imaging  experiments  with  the  LFI  [3]  have  demonstrated  heretofore  unattainable  speed 
and  resolution:  MRI  images  in  the  living  human  brain  were  acquired  at  6.5  mT,  a  magnetic  field  more  than  460x 

lower  than  clinical  3  T  MRI  scanners.  Shown  in  Figure  1  are  four  repre¬ 
sentative  slices  (in  3  orientations)  acquired  on  our  test-bed  scanner  with  a 
voxel  size  of  2. 5x3. 5x8. 5  mm3.  Each  full  3D  dataset  (fifteen  slices)  was  ac¬ 
quired  in  6  minutes,  more  than  30x  faster  -  and  with  significantly  higher 
SNR  -  than  very  recently  published  cryogenic  SQUID-detected  low  field 
MRI  [8], 

This  work  represents  by  far  the  highest  SNR  per  unit  time  in  low  field  MRI, 
and  our  data  were  acquired  without  time-wasting  pre-polarization  tech¬ 
niques  or  fragile  SQUID-based  cryogenic  detectors.  This  result  demon¬ 
strates  that  high  quality  'H  brain  MRI  at  6.5  mT  is  attainable  over 
reasonable  averaging  times.  This  safe  and  inexpensive  technology  operates 
at  fixed  magnetic  field  at  room  temperature  with  no  need  for  magnetic 
shielding  or  cryogenics  as  in  SQUID  systems,  and  without  the  power  burden  and  potential  danger  of  magnetic 
field-cycled  systems,  which  can  ramp  to  as  much  as  0.1 -0.2  T  during  operation. 

See  attached  manuscript:  “Low-Cost  High-Performance  MRI,”  Sci  Rep,  vol.  5,  p.  15177,  Oct.  2015. 

Halbach  array  (permanent  magnet)  LFI: 

This  test  bed  scanner  is  based  around  a  lightweight  array  of  permanent  magnets  in  a  so-called  Halbach  configu¬ 
ration  Figure  2.  This  magnet  is  ideal  for  portable  MRI  in  that  it  creates  a  relatively  uniform  field  transverse  to 
the  head  without  the  use  of  a  cryostat  or  power  supplies.  This  Halbach  array  scanner  is  a  highly  specialized 
scanner  and  a  potentially  disruptive  technology 
that  could  greatly  ease  both  the  cost  and  bur¬ 
den  of  a  field-forward  instrument  purpose- 
built  for  TBI  imaging.  This  Halbach  imager 
contrasts  markedly  with  the  electromagnetic 
LFI  in  that  it  has  a  highly  inhomogeneous 
magnetic  field,  but  we  use  this  inhomogeneity 
to  our  advantage  and  use  it  to  acquire  head  im¬ 
ages  without  the  use  of  an  additional  gradient 
set. 

We  have  designed  and  built  the  very  portable 
45  kg  Halbach  array  magnet  for  portable  MRI, 

and  mapped  the  magnetic  field  and  drift  using  pjgUre  2\  The  Halbach  magnet  with  RF  shield,  aluminum  sup- 
NMR  measurements  at  3.3  MHz.  We  then  fo-  port  struts,  urethane-clad  rollers,  and  stepper  motor  assembly. 


Figure  1:  Brain  imaging  at  6.5  mT 
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cused  on  the  hardware  and  encoding  techniques  needed  to  turn  this  magnet  into  an  imager.  We  solved  some 
critical  challenges  including  the  ability  to  acquire  2D  multi-channel  images.  Research  in  2014  (Y4)  saw  substan¬ 
tial  progress  toward  the  acquisition  of  true  3D  datasets  in  the  Halbach  magnet  portable  imaging  prototype  [4], 
For  the  first  time,  three  key  ingredients  -  “built-in”  2D  encoding  using  a  rotating  B0  encoding  field,  phase  en¬ 
coding  with  a  linear  phase  RF  transmit  coil,  and  broadband  RF  pulses  -  were  brought  together  to  enable  three- 
axis  encoding  in  an  inhomogeneous  B0  field  with  no  gradient  coils. 

See  attached  manuscripts: 

“Two-dimensional  imaging  in  a  lightweight  portable  MRI  scanner  without  gradient  coils,”  Magnetic  Resonance 
in  Medicine,  vol.  73,  no.  2,  pp.  872-883,  Mar.  2014. 

“Transmit  Array  Spatial  Encoding  (TRASE)  using  broadband  WURST  pulses  for  RF  spatial  encoding  in  inho¬ 
mogeneous  BO  fields,”  Journal  of  Magnetic  Resonance,  vol.  268,  no.  C,  pp.  36-48,  Jul.  2016. 

Aim  2:  OMRI  Injury  Imaging 

Overhauser- enhanced  MRI  (OMRI)  is  an  electron-proton  double  resonance  imaging  technique  of  much  interest 
due  to  its  ability  to  detect  the  concentration  and  distribution  of  free  radicals.  Tracking  of  exogenous  free  radicals 
with  OMRI  in  vivo  has  enabled  the  development  of  oxymetry  probes  [9]  and  the  imaging  of  redox  reactions 
[10].  The  large  gyromagnetic  ratio  of  electrons  (28  GHz/T)  demands  that  in  vivo  OMRI  is  performed  at  very  low 
magnetic  fields  (~10  mT)  in  order  to  minimize  RF  heating  and  penetration  depth  issues.  Operation  at  low  mag¬ 
netic  field  causes  a  drastic  reduction  in  NMR  sensitivity  despite  the  signal  enhancement  that  comes  from  the 
Overhauser  effect,  and  emphasizes  the  need  for  high  S/N  probes.  OMRI  probe  design  is  still  relatively  unex¬ 
plored,  despite  its  importance,  and  presents  challenges  unique  to  the  frequencies  of  operation  (fH  =  276  kHz  and 
fe  =  140.8  MHz  in  our  experiments  at  6.5  mT). 

A  critical  result  from  our  effort  is  the  development  of  a  new  method  for  3D  OMRI  based  on  b-SSFP  that  pro¬ 
vides  up  to  7-fold  acceleration  compared  to  the  fastest  OMRI  sequence  reported  in  the  literature,  by  combining 
the  high  acquisition  efficiency  of  b-SSFP  by  applying  the  Overhauser  saturation  pulses  during  the  phase  encode 
step,  with  the  addition  of  undersampling  strategies  and  compressed  sensing  (CS)  techniques  to  increase  the 
temporal  resolution  while  also  reducing  the  total  number  of  EPR  RF  pulses  [6] . 

A  key  challenge  in  implementing  OMRI  for  TBI  will  be  detecting  the  small  concentrations  of  radical  present  in 
vivo.  We  have  demonstrated  that  10  p(M  nitroxide  radical  in  water  and  50  //M  nitroxide  radical  in  water  can  be 
detected  with  Overhauser  spectroscopy  (Figure  3)  and  OMRI  (Figure  4),  respectively.  The  concentration  of  free 
radical  at  the  location  of  injury  remains  unknown,  but  estimates  range  from  50  nM  to  50  //M  [11] -[17].  Addi¬ 
tionally,  detecting  free  radicals  in  vivo  will  be  more  difficult  than  in  phantoms  due  to  extra  relaxation  pathways 
reducing  the  efficiency  of  DNP. 
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Figure  3:  Measurement  of  the  sensitivity  threshold  to  small  concentrations  of  nitroxide  radical  via  Overhauser  en¬ 
hanced  NMR  spectroscopy.  These  spectra  were  acquired  in  the  electromagnet  LFI  at  6.5  mT  (276  kHz).  The  ESR 
frequency  was  140  MHz. 


Phantom  MRI  OMRI  Enhancement 


Figure  4:  Photograph  of  phantom  used  to  demonstrate  the  sensitivity  of  OMRI  to  nitroxide  radical  concentration. 

All  seven  vials  have  very  similar  image  magnitudes  in  the  conventional  MRI  image.  The  OMRI  scan  demonstrates 
marked  image-based  free  radical  sensitivity.  The  signal  magnitude  from  the  control  vial  remains  unchanged  in 
OMRI  scan.  OMRI  enhancement  image  is  computed  from  the  ratio  of  OMRI  to  MRI  magnitude.  MRI  and  OMRI 
were  both  obtained  at  6.5  mT.  The  NMR  frequency  is  276  kHz  and  the  ESR  frequency  is  140  MHz. 

In  order  to  further  improve  the  detection  efficiency  to  lower  concentrations  of  radicals,  we  developed  a  high 
performance  OMRI  probe  with  broad  tunability,  capable  of  imaging  enhancement  over  a  wide  range  of  free  rad¬ 
ical  electron  ^-factors.  This  OMRI  probe  consists  of  an  NMR  solenoid  inside  a  modified  Alderman- Grant  Reso¬ 
nator  (Figure  5),  and  interfaces  with  the  6.5  mT  electromagnet  LFI  (fH  =  276  kHz).  Images  were  acquired  using 
our  fast,  high-resolution  b-SSFP  based  OMRI  methodology  [6].  NMR  probe  design  in  the  low- field  regime  is 
fundamentally  different  to  that  at  conventional  MRI  fields  as  thermal  noise  due  to  the  intrinsic  resistance  of  the 
pickup  coil  dominates  over  sample  noise.  This  leads  to  a  compromise  where  S/N  improvements  come  at  the  ex¬ 
pense  of  imaging  bandwidth  S/N  ~1/\[BW .  An  85  turn  solenoid  was  wound,  using  low  AC  resistance 

5/39/42  litz  wire,  on  a  3D  printed  polycarbonate  former.  This  high  filling  factor  coil  has  a  bandwidth  of  3  kHz. 
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Figure  5:  NMR/ESR  rat  head  probe  for  operation  at  6.5  mT.  The  ESR  resonator  is  tuned  to  140.8  MHz.  The  litz 


wire  NMR  solenoid  coil  (276  kHz)  resonator  board  is  not  shown. 


A  modified  Alderman- Grant  ESR  resonator  was  built  using  copper  foil  on  Pyrex  tubing.  All  metal  placed  in 
close  proximity  to  the  NMR  solenoid  strongly  couples,  reducing  the  NMR  sensitivity.  We  therefore  minimized 
amount  of  copper  in  the  ESR  resonator.  Windows  were  removed  from  the  panels  on  the  sides  of  an  Alderman- 
Grant  resonator,  a  region  of  low  current  flow  [18],  in  an  attempt  to  reduce  coupling  whilst  maintaining  Bi  ho¬ 
mogeneity.  Shielding  at  the  ends  of  the  resonator  prevents  high  electric  fields  at  the  capacitors  penetrating  the 
imaging  volume,  important  because  PRF-absorbed  ~  E2.  Slits  in  the  shielding  prevent  the  formation  of  closed  loops 
that  couple  to  the  solenoid.  Figure  6  demonstrates  the  high  Bi  homogeneity  and  strong  E  suppression  in  our 
ESR  resonator. 


ing  that  the  electric  field  is  strongly  suppressed  inside  the  resonator,  (c)  Bie  shows  high  homogeneity  in  the  imag¬ 


ing  volume  -  less  than  10%  variation  across  the  imaging  region. 


TEMPOL  (4-hydroxy-TEMPO)  a  stable  radical,  is  detected  by  OMRI  with  high  sensitivity,  and  because  of  its 
small  size  may  facilitate  imaging  blood  brain  barrier  leakage  in  cases  of  oxidative  stress  [19].  Simulations  were 
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validated  in  2  mM  TEMPOL  solutions  using  simple  spectroscopic  measurements  as  well  as  fast  imaging  strate¬ 
gies  [6].  The  ESR  resonator  was  tuned  to  141  MHz,  the  lowest  frequency  of  the  TEMPOL  triplet  state  at  6.5  mT, 
to  minimize  RF  heating  during  ESR  irradiation. 

In  vivo  performance 

Previously  we  described  the  development  of  an  OMRI  probe  for  a  rat  head  model  utilizing  an  NMR  solenoid 
and  ESR  surface  coil.  Testing  of  this  new  OMRI  probe  indicates  that  it  has  3x  the  S/N  of  the  probe  reported 
[19],  and  rectifies  problems  with  Bie  homogeneity,  yielding  homogeneous  enhancement  of  -6.7  in  2  mM  TEM¬ 
PO  when  10  W  of  RF  power  is  applied.  In  vivo  OMRI  signal  enhancement  is  clearly  visible  in  the  rat  brain  after 
TEMPOL  injection,  as  shown  in  Figure  7.  As  the  Overhauser- enhanced  signal  has  a  phase  opposite  to  that  of  the 
thermal  signal,  the  phase  image  in  Figure  7  provides  sensitive  contrast  in  regions  of  low  TEMPOL  concentra¬ 
tion. 


Figure  7:  OMRI  images  acquired  from  a  rat  at  6.5  mT  following  injection  of  1  mL  of  150  mM  TEMPOL.  Five  slices 
from  an  11  slice  data  set  shown.  OMRI  (NA=1)  imaging  time  was  9  seconds.  Anatomical  MRI  (NA=30)  was  ac¬ 
quired  in  the  OMRI  scanner  with  ESR  power  disabled.  All  images,  voxel  size:  1.1  x  1.6  x  8  mm3,  Matrix:  128  x  35  x 
11.  A  fiducial  containing  2  mM  of  TEMPOL  was  placed  outside  the  animal  and  is  seen  in  both  MRI  and  OMRI 
images. 

In  summary,  we  have  developed  a  high  performance  probe  for  high  temporal  and  spatial  resolution  OMRI  and 
demonstrated  it  in  vivo  in  the  brain  of  living  rats.  The  S/N  of  this  probe  may  be  further  improved,  whilst  main¬ 
taining  imaging  bandwidth,  by  using  an  active  feedback  circuit  [20].  Higher  S/N  could  also  be  realized  through 
supercooling  of  the  NMR  solenoid  or  by  using  a  free  radical  with  a  longer  T,e  such  as  triphenylmethyl  [9].  This 
probe  may  allow  the  in  vivo  detection  of  rapid  redox  changes  in  pathologic  tissues,  specifically  in  the  context  of 
brain  trauma  or  stroke. 

See  attached  manuscript,  “High  speed  3D  overhauser-enhanced  MRI  using  combined  b-SSFP  and  compressed 
sensing,”  Magnetic  Resonance  in  Medicine,  vol.  71,  no.  2,  pp.  735-745,  Feb.  2014. 
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KEY  RESEARCH  ACCOMPLISHMENTS: 


The  key  research  accomplishments  are  listed  below  by  program  year. 

Year  1: 


•  Reconfigured  and  modified  the  biplanar  electromagnet  LFI  as  an  optimized  high-performance  head  im¬ 
ager  test  bed  capable  of  high-speed  acquisitions  at  low  magnetic  field  and  demonstrated  its  preliminary 
performance. 

•  Achieved  'H  line  widths  of  5  Hz  in  biplanar  LFI  of  20  cm  spherical  phantom  at  276  kHz 

•  Acquired  image-based  phase-sensitive  static  magnetic  field  maps  on  biplanar  LFI 

•  Designed  and  built  a  very  portable  45  kg  Halbach  array  magnet  for  portable  brain  MRI  that  requires  no 
power  to  maintain  the  field.  The  accessibility  of  this  magnet  has  the  potential  to  offer  basic  head  trauma 
and  hemorrhaging  detection  to  a  broad  range  of  applications. 

•  Performed  NMR  at  3  MHz  in  Halbach  LFI  for  field  mapping. 

•  Designed,  built,  and  tested  broadband  coil  parallel- array  preamp  system. 

•  Designed  form  for  8  coil  head  parallel  array 

•  Tested  and  integrated  Tecmag  Redstone  nine  channel  Rx/two  channel  Tx  console. 

•  Set  up  bidirectional  control  and  processing  pipeline  between  TNMR  and  MATLAB. 

•  Co-located  OMRI  system  with  biplanar  LFI 

•  Built  and  tested  OMRI  RF  transmit  coils 

•  Demonstrated  Overhauser- enhanced  spectroscopy  in  solutions  of  TEMPO  radical. 

•  Investigated  pulsed  frequency  modulation  RF  Overhauser  excitation  at  high  field. 


Year  2: 

Electromagnet  LFI: 

•  Demonstrated  1H  imaging  in  the  reconfigured  biplanar  electromagnet  LFI  head  imager  test  bed  at 
6.5  mT  [276  kHz)  with  2  mm  in-plane  resolution  using  3D  gradient  echo  imaging 

•  Demonstrated  25  x  faster  XH  imaging  in  LFI  using  the  first  low- field  implementation  of  b-SSFP 

•  Demonstrated  an  additional  6x  acceleration  in  aH  imaging  using  the  first  implementation  of  com¬ 
pressed  sensing  and  undersampled  b-SSFP  at  low  field 

•  Developed  3D  printed  polycarbonate  phantoms  for  use  in  both  XH  MRI  and  OMRI  experiments 

Permanent  magnet  Halbach  LFI: 

•  Acquired  high  spatial  resolution  NMR-based  magnetic  field  maps  of  the  Halbach  imaging  field 

•  Developed  and  simulated  strategy  for  spatial  encoding  and  reconstruction 

•  Designed,  built,  and  tested  RF  transmit  coils 

•  Designed,  built,  and  evaluated  8-channel  RF  receive  array  and  channel  multiplexer 

•  Evaluated  and  simulated  effect  of  finite  RF  pulse  length  and  off-resonance  RF  pulses 

•  Acquired  initial  ID  and  2D  projection  images  of  test  phantom 
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Parallel  imaging  in  electromagnet  LFI 

•  Designed,  built,  and  evaluated  8-channel  Rx  array  for  276  kHz 

•  Acquired  and  reconstructed  the  first  8-channel  MRI  image  in  the  Johnson  noise  regime 

•  First  demonstration  of  accelerated  SENSE  imaging  in  the  Johnson  noise  regime. 

•  Developed  and  implemented  passive  multi-channel  decoupling  strategy  suitable  for  low  frequency 

System  control/ Integration  of  Redstone  console  with  electromagnet  LFI 

•  Fully  integrated  TNMR/MATLAB  pulse  sequence  control 

•  Installed  digital  attenuator  board  and  spec’d/tested  new  low-noise  RX4  receiver  module 

•  Developed  NMR  spectroscopy  data  processing  suite 

•  Developed  multi-channel  data  processing  user  interface 

•  Developed  image  reconstruction  tools  for  accelerated  parallel  imaging 

Overhauser  NMR  and  MRI  in  electromagnet  LFI: 

•  Improved  high-power  high-Q  EPR  coils  for  OMRI  imaging 

•  Simulated  and  measured  NMR  spin  dynamics  under  b-SSFP  combined  with  Overhauser  DNP 

•  Developed  new  MRI  sequence  for  free  radical  imaging:  Overhauser-enhanced  MRI  using  b-SSFP 

•  Acquired  32  slice,  1  mm  in-plane  resolution  very  high-speed  OMRI  free-radical  images  at  6.5  mT 

•  Calculated  and  measured  sensitivity  limit  for  free  radicals  Overhauser-enhanced  spectroscopy 

•  Investigated  free  radical  sensitivity  in  OMRI  b-SSFP  imaging  sequences 

•  Established  protocol  to  measure  NO  via  ex  vivo  OEPS/OMRI  in  whole  blood 


Year  3: 

Electromagnet  LFI: 

•  Designed,  constructed,  and  characterized  high-efficiency  single  channel  spiral  "helmet"  for  human 
head  imaging  at  6.5  mT 

•  Constructed  non-magnetic  subject  table  suitable  imaging  in  human  subjects 

•  Acquired  high-quality  head  images  from  human  subjects  with  3x3x10  mm  resolution  in  29 
minutes 

•  Compared  brain  images  obtained  at  6.5  mT  with  images  obtained  at  1.5  T 
Permanent  magnet  Halbach  LFI: 

•  Automated  magnet  rotation  with  stepper  motor  under  pulse  sequence  control 

•  Integrated  Halbach  magnet  and  rotation  assembly  in  a  lightweight  RF  Faraday  shield 

•  Developed  high-performance  probe  array  for  field  mapping  critical  for  reconstruction 

•  Acquired  single-channel  2D  images  of  test  phantoms  to  optimize  reconstruction 

•  Modeled  angular  dependence  of  array  coil  B1  profiles  critical  for  multichannel  image  reconstruc¬ 
tion 

•  Acquired  and  reconstructed  multi-channel  2D  images  of  test  phantoms  and  fruit 
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•  Simulated  ultimate  attainable  image  resolution  in  Halbach  encoding  field 

•  Simulated  TRASE  array  to  enable  3D  encoding 

Parallel  imaging  in  electromagnet  LFI 

•  Evaluated  accelerated  imaging  in  new  structured  phantoms 

•  Designed,  built,  and  evaluated  8-channel  “helmet”  Rx  array  for  head  imaging  at  276  kHz 

•  Acquired  the  first  8-channel  human  head  MRI  image  in  the  Johnson  noise  regime 

•  Evaluated  optimal  coil  element  orientation 

•  Evaluated  several  multi-channel  decoupling  strategies  suitable  at  low  frequency 
System  control  and  image  acquisition  in  electromagnet  LFI 

•  Integrated  TNMR/MATLAB  pulse  sequence  control  and  processing  pipeline  is  stable 

•  Developed  and  implemented  k-space  mapping  pulse  sequences 

•  Implemented  spiral  imaging  and  image  reconstruction 

•  Implemented  "magnetic  resonance  fingerprinting"  and  Bloch  simulation  engine 

•  Migrated  8-channel  SENSE  reconstruction  to  a  new  optimized  reconstruction  code 

Overhauser  MRI  in  electromagnet  LFI: 

•  Designed  and  simulated  improved  free  radical  detection  methodology  using  interleaved  0M- 
RI/MRI  acquisition 

•  Acquired  the  first  accelerated  images  combining  SENSE  and  OMRI 

•  Measured  the  decay  of  free  radical  in  TEMPO  bound  to  albumin  in  rodent  blood 

•  Designed  and  built  combined  MRI/OMRI  probe  for  rodent  imaging 

•  Acquired  10  slice,  1. lx  1.6x8  mm  in-plane  resolution  MRI  and  OMRI  in  ex  vivo  rats 

•  Measured  temperature  rise  due  to  OMRI  sequence  in  tissue  sample 


Year  4: 

Electromagnet  6.5  mT LFI: 

•  Designed,  constructed,  and  characterized  optimized  high-efficiency  single  channel  spiral  "helmet" 
for  human  head  imaging  at  6.5  mT 

•  Designed  and  built  new  multi-compartment  head-shaped  imaging  phantom 

•  Acquired  high-quality  images  from  multi-compartment  phantom  using  human  head  coil  2. 5x3. 5x5 
mm  resolution  [18  slices)  in  10  minutes 

•  Acquired  high-quality  images  in  human  head  at  6.5  mT 

Permanent  magnet  Halbach  LFI: 

•  Simulated  TRASE  array  to  enable  3D  encoding 

•  Designed  and  built  TRASE  array  coils  with  switchable  180-  phase  shifter 

•  Implemented  3D  encoding  using  simultaneous  2D  rSEM  and  TRASE 
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Implemented  WURST-40  acquisition  to  mitigate  quadratic  phase  from  frequency-swept  pulses 
Demonstrated  proof-of-concept  3D  imaging  in  the  inhomogenous  45  kilogram  Halbach  magnet 
without  the  use  of  gradient  coils. 


Overhauser  MRI  in  electromagnet  LFI: 

•  Developed  and  built  high  performance  OMRI/MRI  probe  with  wide-range  OMRI  tuning  and  low 
SAR,  and  3-fold  improved  MRI  SNR. 

•  Acquired  11  slice,  1. lx  1.6x8  mm  in-plane  resolution  MRI  [4.5  minutes)  and  OMRI  [9  seconds)  in 
rats 

•  Developed  methodology  to  measure  dynamic  time  resolved  OMRI  in  vivo 

REPORTABLE  OUTCOMES; 

1.  Zimmerman  CL,  Wald  LL,  Rosen,  M,  Blau,  J.,  “Design  and  construction  of  a  Halbach  array  magnet  for 
portable  brain  MRI”,  presented  at  the  2012  International  Society  for  Magnetic  Resonance  in  Medicine, 
May  2012,  Melbourne  Australia. 

2.  J  P  Stockman,  C  Z  Cooley,  M  S  Rosen,  and  L  L  Wald,  “Flexible  encoding  and  reconstruction  strategies 
using  a  rotating  inhomogenous  magnetic  field  for  new  MRI  applications”,  presented  at  the  ISMRM  Data 
Sampling  and  Image  Reconstruction  Workshop,  3-6  February  2013,  Sedona,  AZ. 

3.  M  Sarracanie,  B  D  Armstrong,  and  M  S  Rosen,  “High  speed  3D  b-SSFP  at  6.5  mT”,  presented  at  the  2013 
Experimental  NMR  Conference,  14-19  April  2013,  Pacific  Grove,  CA. 

4.  B  D  Armstrong,  M  Sarracanie,  J  Stockman,  and  M  S  Rosen,  “High  speed  3D  Overhauser- enhanced  MRI 
using  combined  b-SSFP  and  compressed  sensing”,  presented  at  the  2013  Experimental  NMR  Conference, 
14-19  April  2013,  Pacific  Grove,  CA. 

5.  CD  LaPierre,  M  Sarracanie,  L  L  Wald,  and  M  S  Rosen,  “Parallel  imaging  and  acceleration  in  the  Johnson 
noise  dominated  regime”,  presented  at  the  2013  Experimental  NMR  Conference,  14-19  April  2013,  Pacif¬ 
ic  Grove,  CA. 

6.  C  Z  Cooley,  J  P  Stockman,  B  D  Armstrong,  M  S  Rosen,  and  L  L  Wald,  “A  lightweight,  portable  MRI 
brain  scanner  based  on  a  rotating  Halbach  magnet”,  presented  at  the  2013  Experimental  NMR  Confer¬ 
ence,  14-19  April  2013,  Pacific  Grove,  CA. 

7.  M  Sarracanie,  B  D  Armstrong,  and  M  S  Rosen,  “High  speed  3D  b-SSFP  at  6.5  mT”,  presented  at  the  2013 
International  Society  for  Magnetic  Resonance  in  Medicine,  20-26  April  2013,  Salt  Lake  City,  UT. 

8.  B  D  Armstrong,  M  Sarracanie,  J  Stockman,  and  M  S  Rosen,  “High  speed  3D  Overhauser-enhanced  MRI 
using  combined  b-SSFP  and  compressed  sensing”,  presented  at  the  2013  International  Society  for  Mag¬ 
netic  Resonance  in  Medicine,  20-26  April  2013,  Salt  Lake  City,  UT. 
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9.  CD  LaPierre,  M  Sarracanie,  L  L  Wald,  and  M  S  Rosen,  “Parallel  imaging  and  acceleration  in  the  Johnson 
noise  dominated  regime”,  presented  at  the  2013  International  Society  for  Magnetic  Resonance  in  Medi¬ 
cine,  20-26  April  2013,  Salt  Lake  City,  UT. 

10.  C  Z  Cooley,  J  P  Stockman,  B  D  Armstrong,  M  S  Rosen,  and  L  L  Wald,  “A  lightweight,  portable  MRI 
brain  scanner  based  on  a  rotating  Halbach  magnet”,  presented  at  the  2013  International  Society  for  Mag¬ 
netic  Resonance  in  Medicine,  20-26  April  2013,  Salt  Lake  City,  UT. 

11.  J  P  Stockman,  C  Z  Cooley,  M  S  Rosen,  and  L  L  Wald,  “Flexible  spatial  encoding  strategies  using  rotating 
multipolar  fields  for  unconventional  MRI  applications”,  presented  at  the  2013  International  Society  for 
Magnetic  Resonance  in  Medicine,  20-26  April  2013,  Salt  Lake  City,  UT. 

12.  M  S  Rosen,  invited  talk,  “New  methods  of  low-field  MRI  for  application  to  TBI”,  given  at  the  Next  Gen¬ 
eration  Medical  Imaging  Workshop,  Carnegie  Mellon  University,  5  Sept  2012. 

13.  M  S  Rosen,  invited  talk,  “New  methods  of  low-field  MRI  for  application  to  TBI:  first  results”,  given  at  the 
Military  Health  System  Research  Symposium,  Ft  Lauderdale,  FL,  13-16  August  2012. 

14.  M  S  Rosen,  “Molecular  imaging  at  low  magnetic  field;  endogenous  and  exogenous  free  radical  MRI”,  28 
January  2013,  MGH/Martinos  Molecular  Imaging  Seminar,  Boston  MA. 

15.  M  Sarracanie,  BD  Armstrong,  and  MS  Rosen,  “High  speed  3D  b-SSFP  at  6.5  mT”,  presented  at  the  2013 
Experimental  NMR  Conference,  14-19  April  2013,  Pacific  Grove,  CA. 

16.  BD  Armstrong,  M  Sarracanie,  J  Stockman,  and  MS  Rosen,  “High  speed  3D  Overhauser- enhanced  MRI 
using  combined  b-SSFP  and  compressed  sensing”,  presented  at  the  2013  Experimental  NMR  Conference, 
14-19  April  2013,  Pacific  Grove,  CA. 

17.  CD  LaPierre,  M  Sarracanie,  LL  Wald,  and  MS  Rosen,  “Parallel  imaging  and  acceleration  in  the  Johnson 
noise  dominated  regime”,  presented  at  the  2013  Experimental  NMR  Conference,  14-19  April  2013,  Pacif¬ 
ic  Grove,  CA. 

18.  CZ  Cooley,  JP  Stockman,  BD  Armstrong,  MS  Rosen,  and  LL  Wald,  “A  lightweight,  portable  MRI  brain 
scanner  based  on  a  rotating  Halbach  magnet”,  presented  at  the  2013  Experimental  NMR  Conference,  14- 
19  April  2013,  Pacific  Grove,  CA. 

19.  M  Sarracanie,  BD  Armstrong,  and  MS  Rosen,  “High  speed  3D  b-SSFP  at  6.5  mT”,  presented  at  the  2013 
International  Society  for  Magnetic  Resonance  in  Medicine,  20-26  April  2013,  Salt  Lake  City,  UT. 

20.  BD  Armstrong,  M  Sarracanie,  JP  Stockman,  and  MS  Rosen,  “High  speed  3D  Overhauser-enhanced  MRI 
using  combined  b-SSFP  and  compressed  sensing”,  presented  at  the  2013  International  Society  for  Mag¬ 
netic  Resonance  in  Medicine,  20-26  April  2013,  Salt  Lake  City,  UT. 
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21.  CD  LaPierre,  M  Sarracanie,  LL  Wald,  and  MS  Rosen,  “Parallel  imaging  and  acceleration  in  the  Johnson 
noise  dominated  regime”,  presented  at  the  2013  International  Society  for  Magnetic  Resonance  in  Medi¬ 
cine,  20-26  April  2013,  Salt  Lake  City,  UT. 

22.  CZ  Cooley,  JP  Stockman,  BD  Armstrong,  MS  Rosen,  and  LL  Wald,  “A  lightweight,  portable  MRI  brain 
scanner  based  on  a  rotating  Halbach  magnet”,  presented  at  the  2013  International  Society  for  Magnetic 
Resonance  in  Medicine,  20-26  April  2013,  Salt  Lake  City,  UT. 

23.  JP  Stockman,  CZ  Cooley,  MS  Rosen,  and  LL  Wald,  “Flexible  spatial  encoding  strategies  using  rotating 
multipolar  fields  for  unconventional  MRI  applications”,  presented  at  the  2013  International  Society  for 
Magnetic  Resonance  in  Medicine,  20-26  April  2013,  Salt  Lake  City,  UT. 

24.  MS  Rosen,  invited  seminar,  “High  performance  low-field  MRI:  fact  or  fiction?”,  Southern  Illinois  Uni¬ 
versity,  Department  of  Chemistry  and  Biochemistry,  Carbondale  IL,  8  March  2013. 

25.  MS  Rosen,  invited  talk,  “Free  Radical  MRI”,  MGH/NSF  Physics  of  Cancer  Imaging  Workshop,  MGH/A.A. 
Martinos  Center,  6  November  2013. 

26.  M  Sarracanie,  BD  Armstrong,  JP  Stockman,  and  MS  Rosen,  “High  Speed  3D  Overhauser- enhanced  MRI 
using  combined  b-SSFP  and  Compressed  Sensing”,  published  in  Magnetic  Resonance  in  Medicine,  2014; 
71(2):735-45. 

27.  C  LaPierre,  M  Sarracanie,  B  D  Armstrong,  J  Polimeni,  and  M  S  Rosen,  Overhauser- enhanced  MRI  with 
SENSE  Acceleration  in  the  Johnson  Noise  Dominated  Regime,  presented  at  the  55th  Meeting  of  the  Ex¬ 
perimental  NMR  Conference,  Boston,  MA,  March  23-28  2014. 

28.  M  Sarracanie,  B  D  Armstrong,  and  M  S  Rosen,  High  Speed  MR  Fingerprinting  at  6.5  mT,  presented  at 
the  55th  Meeting  of  the  Experimental  NMR  Conference,  Boston,  MA,  March  23-28  2014. 

29.  M  Sarracanie,  P  Stanwix,  and  M  S  Rosen,  A  Single  Channel  Variable  Density  Spiral  Coil  for  High  Sensi¬ 
tivity  MRI  at  6.5  mT,  presented  at  the  55th  Meeting  of  the  Experimental  NMR  Conference,  Boston,  MA, 
March  23-28  2014. 

30.  C  Z  Cooley,  J  P  Stockmann,  M  Sarracanie,  B  D  Armstrong,  M  S  Rosen,  and  L  L  Wald,  2D  Imaging  in  a 
Portable  MRI  Scanner  without  Gradient  Coils,  presented  at  the  55th  Meeting  of  the  Experimental  NMR 
Conference,  Boston,  MA,  March  23-28  2014. 

31.  C  LaPierre,  M  Sarracanie,  L  L  Wald,  and  M  S  Rosen,  An  Optimized  8-Channel  Helmet  Array  for  Head 
Imaging  at  6.5  mT,  presented  at  the  55th  Meeting  of  the  Experimental  NMR  Conference,  Boston,  MA, 
March  23-28  2014. 

32.  C  Z  Cooley,  J  P  Stockmann,  B  D.  Armstrong,  M  Sarracanie,  M  S.  Rosen,  and  L  L.  Wald,  Spatial  resolu¬ 
tion  in  rotating  Spatial  Encoding  Magnetic  field  MRI  (rSEM-MRI),  presented  at  the  22nd  Meeting  of  the 
International  Society  of  Magnetic  Resonance  in  Medicine,  Milan,  Italy  May  10-16  2014. 
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33.  C  LaPierre,  M  Sarracanie,  B  D.  Armstrong,  J  R  Polimeni,  and  M  S.  Rosen,  Overhauser- enhanced  MRI 
with  SENSE  Acceleration  in  the  Johnson  Noise  Dominated  Regime,  presented  at  the  22nd  Meeting  of 
the  International  Society  of  Magnetic  Resonance  in  Medicine,  Milan,  Italy  May  10-16  2014. 

34.  C  LaPierre,  L  L  Wald,  and  M  S.  Rosen,  An  Optimized  8-Channel  Helmet  Array  for  Head  Imaging  at  6.5 
mT,  presented  at  the  22nd  Meeting  of  the  International  Society  of  Magnetic  Resonance  in  Medicine,  Mi¬ 
lan,  Italy  May  10-16  2014. 

35.  M  Sarracanie,  B  D.  Armstrong,  and  M  S.  Rosen,  High  Speed  MR  Fingerprinting  at  6.5  mT,  presented  at 
the  22nd  Meeting  of  the  International  Society  of  Magnetic  Resonance  in  Medicine,  Milan,  Italy  May  10- 
16  2014. 

36.  M  S  Rosen,  “New  methods  of  low-field  MRI  for  application  to  TBI”,  Invited  talk,  TBI  Neuroimaging 
Meeting,  US  Army  Medical  Research  and  Materiel  Command  and  Defense  Centers  of  Excellence  for 
Psychological  Health  and  Traumatic  Brain  Injury,  Fort  Detrick,  30  Jan  2014. 

37.  M  S  Rosen,  invited  talk,  “Overhauser-enhanced  MRI  as  a  Non-invasive  Probe  of  BBB  Breakdown  and 
Redox  State  is  Stroke”,  55th  meeting  of  the  Experimental  NMR  Conference,  Boston,  MA,  27  Mar  2014. 

38.  M  S  Rosen,  invited  talk,  “Overhauser-enhanced  MRI  as  a  Non-invasive  Probe  of  BBB  Breakdown  and 
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39.  M  S  Rosen,  invited  seminar,  “High-performance  Low-field  MRI:  Brain  Imaging  &  Free  Radicals”,  Psy¬ 
chiatry  Neuroimaging  Laboratory  seminar,  Brigham  and  Women’s  Hospital,  Boston  MA,  22  June  2014 

40.  M  S  Rosen,  invited  talk,  “Low-field  MRI  for  Non-invasive  imaging  of  brain  function”,  NSF  Workshop 
on  Noninvasive  Imaging  of  Brain  Function,  Arlington,  VA,  23  July  2014. 
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in  a  Lightweight  Portable  MRI  Scanner  without  Gradient  Coils”,  published  in  Magnetic  Resonance  in 
Medicine,  2014. 

42.  M  S  Rosen,  “High-performance  millitesla  MRI:  Brain  imaging  and  in  vivo  DNP”,  Invited  talk, 
Physics/Theory  department  colloquium,  Los  Alamos  National  Laboratory,  Boston,  MA,  4  Mar 
2015. 

43.  M  S  Rosen,  “Non- cryogenic  millitesla  brain  MRI”,  Invited  talk,  Society  for  Brain  Mapping  and 
Therapeutics,  12th  Annual  World  Congress,  Los  Angeles,  CA,  6  Mar  2015. 

44.  M  S  Rosen,  “Low-Cost,  High-Performance  Millitesla  MRI”,  Invited  Special  Seminar,  Virginia  Tech 
Carilion  Research  Institute,  Roanoke,  VA,  13  Apr  2015. 

45.  M  S  Rosen,  “MRI  in  the  Wild”,  Invited  talk,  ARPA-E  Workshop:  Novel  Methods  for  Phytoseques¬ 
tration,  Chicago,  23  Jul  2015. 
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48.  M  Sarracanie,  F  Herisson,  N  Salameh,  D  Waddington,  C  Ayata,  M  S  Rosen,  Dynamic  in  vivo  free 
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mental  NMR  Conference,  Pacific  Grove,  CA,  Apr  19-24  2015. 

52.  C  Z  Cooley,  J  P  Stockmann,  M  Sarracanie,  M  S  Rosen,  L  L  Wald.  Portable  MRI  Scanner  using  Ro¬ 
tating  Spatial  Encoding  Magnetic  Fields:  Extension  to  3D  Imaging  using  Transmit  Array  Spatial 
Encoding  (TRASE),  presented  at  the  56th  Meeting  of  the  Experimental  NMR  Conference,  Pacific 
Grove,  CA,  Apr  19-24  2015. 

53.  M.  Sarracanie,  O  Cohen,  M  S  Rosen,  3D  Balanced-EPI  Magnetic  Resonance  Fingerprinting  at  6.5 
mT,  presented  at  the  23rd  Meeting  of  the  International  Society  of  Magnetic  Resonance  in  Medicine, 
Toronto,  Canada,  30  May-5  June  2015. 

54.  C  Z  Cooley,  J  P  Stockmann,  M  Sarracanie,  M  S  Rosen,  L  L  Wald.  3D  Imaging  in  a  Portable  MRI 
Scanner  Using  Rotating  Spatial  Encoding  Magnetic  Fields  and  Transmit  Array  Spatial  Encoding 
(TRASE),  presented  at  the  23rd  Meeting  of  the  International  Society  of  Magnetic  Resonance  in 
Medicine,  Toronto,  Canada,  30  May-5  June  2015. 

55.  M  Sarracanie,  F  Herisson,  N  Salameh,  D  Waddington,  C  Ayata,  M  S  Rosen,  Dynamic  in  vivo  free 
radical  imaging  with  Overhauser-enhanced  MRI,  presented  at  the  23rd  Meeting  of  the  Internation¬ 
al  Society  of  Magnetic  Resonance  in  Medicine,  Toronto,  Canada,  30  May-5  June  2015. 

56.  D  Waddington,  M  Sarracanie,  N  Salameh,  M  S  Rosen,  High  performance  probe  for  in  vivo  Over- 
hauser  MRI,  presented  at  the  23rd  Meeting  of  the  International  Society  of  Magnetic  Resonance  in 
Medicine,  Toronto,  Canada,  30  May-5  June  2015. 
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57.  M  Sarracanie,  C  LaPierre,  N  Salameh,  D  Waddington,  T  Witzel,  M  S  Rosen,  Low-cost  high- 
performance  MRI,  presented  at  the  23rd  Meeting  of  the  International  Society  of  Magnetic  Reso¬ 
nance  in  Medicine,  Toronto,  Canada,  30  May-5  June  2015. 

58.  C  LaPierre,  M  Sarracanie,  D  Waddington,  M  S  Rosen,  A  single  channel  spiral  volume  coil  for  in 
vivo  imaging  of  the  whole  human  brain  at  6.5  mT,  presented  at  the  23rd  Meeting  of  the  Interna¬ 
tional  Society  of  Magnetic  Resonance  in  Medicine,  Toronto,  Canada,  30  May-5  June  2015. 

59.  J  Stockmann,  C  Z  Cooley,  M  Sarracanie,  M  S  Rosen,  L  L  Wald.  Transmit  Array  Spatial  Encoding 
(TRASE)  with  Broadband  WURST  Pulses  for  Robust  Spatial  Encoding  in  Inhomogeneous  BO 
Fields,  presented  at  the  23rd  Meeting  of  the  International  Society  of  Magnetic  Resonance  in  Medi¬ 
cine,  Toronto,  Canada,  30  May-5  June  2015. 

60.  M.  Sarracanie,  C.  D.  LaPierre,  N.  Salameh,  D.  E.  J.  Waddington,  T.  Witzel,  and  M.  S.  Rosen,  “Low- 
Cost  High-Performance  MRI,”  published  in  Sci  Rep,  vol.  5,  p.  15177,  Oct.  2015. 

61.  J.  P.  Stockmann,  C.  Z.  Cooley,  B.  Guerin,  M.  S.  Rosen,  and  L.  L.  Wald,  “Transmit  Array  Spatial 
Encoding  (TRASE)  using  broadband  WURST  pulses  for  RF  spatial  encoding  in  inhomogeneous 
B0  fields,”  published  in  Journal  of  Magnetic  Resonance,  vol.  268,  no.  C,  pp.  36-48,  Jul.  2016. 

62.  M  S  Rosen,  “Millitesla  MRI  as  a  platform  for  brain  injury  triage”,  invited  talk,  13th  SBMT  meeting,  Mi¬ 
ami  FL,  8  April  2016. 

63.  M  S  Rosen,  “Millitesla  MRI:  Brain  and  Beyond”,  invited  talk  at  educational  session  on  Portable  MRI,  24rd 
Meeting  of  the  International  Society  of  Magnetic  Resonance  in  Medicine,  Singapore,  8-13  May  2016. 

64.  MGH/Partners  provisional  patent  MGH-22726,  (Mar  14,  2014).  This  patent  describes  optimized  receive 
arrays  for  parallel  imaging  in  the  Johnson  noise  dominated  regime.  LICENSED 

65.  MGH/Partners  provisional  patent  MGH-22727,  (Mar  14,  2014).  This  patent  describes  Overhauser- 
enhanced  MRI  (OMRI)  is  used  in  combination  with  an  exogenously  administered  free  radical  probe  to 
(for  example)  tomographically  probe  blood  brain  barrier  breakdown  and  tissue  oxidative  stress  status  in 
vivo. 

66.  MGH/Partners  provisional  patent  MGH-22728,  (Mar  14,  2014).  This  patent  describes  a  new  efficient 
method  for  high-speed  Overhauser  MRI  (OMRI)  where  ESR  irradiation  is  applied  within  the  TR  of  a 
conventional  MRI  pulse  sequence,  typically  during  the  phase-encode  part  of  the  sequence.  LICENSED. 

67.  MGH/Partners  provisional  patent  MGH-22729,  (Mar  14,  2014).  This  patent  describes  the  use  of  a  varia¬ 
ble  density  spiral  design  to  provide  homogeneous  magnetic  field  and  high  sensitivity  over  broad  regions 
of  interest  when  used  for  either  transmit,  receive,  or  both. 
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68.  MGH/Partners  provisional  patent  MGH-22730,  (Mar  14,  2014).  This  patent  describes  a  new  form  fitting 
spiral  coil  design  to  provide  homogeneous  magnetic  field  and  high  sensitivity  over  three-dimensional 
volumes.  LICENSED. 

69.  MGH/Partners  provisional  patent  MGH-22731,  (Mar  14,  2014).  This  patent  describes  a  new  approach  to 
Magnetic  Resonance  Fingerprinting  (MRF)  whereby  a  user  defined  fraction  (including  the  whole)  of  k- 
space  is  acquired  in  a  sequential  fashion,  in  two  or  three  dimensions.  LICENSED 

70.  Funding  obtained  (2014):  NIH  R21  NS087344-01  (PI  Rosen),  “Non-invasive  Free  Radical  MRI  in 
Stroke”. 

71.  Funding  obtained  (2014):  NIH  R01  EB018976-01  (PI  Wald),  “Technology  for  Portable  MRI”. 

CONCLUSION; 

The  reason  MRI  is  not  widely  deployable  is  that  high-strength  magnetic  fields  (of  order  1  T)  are  necessary  with 
conventional  MRI  to  obtain  useful  brain  images.  Such  high  field  scanners  involve  large,  heavy,  fragile,  expensive 
equipment  (such  as  superconducting  magnets)  that  are  difficult  to  site  in  field  hospitals.  We  contend  that  that 
low-magnetic-field  implementations  of  MRI  can  be  developed  to  allow  robust,  transportable  imaging  modalities 
well  suited  to  diagnose  the  types  of  battlefield  injuries  prevalent  in  TBI  and  practical  for  operation  in  field  hospi¬ 
tals.  Application  of  the  suite  of  techniques  and  technologies  from  our  work  could  advise  future  development  of  a 
deployable  device  with  a  high  diagnostic  impact  and  could  be  transformative,  enabling  improved  diagnosis  and 
monitoring  of  battlefield  injuries  prevalent  in  TBI. 

The  electromagnet  LFI  provides  an  ideal  state-of-the  art  test  bed  for  all  of  the  novel  acquisition,  detection  meth¬ 
odologies,  and  reconstruction  algorithms  including  navigators  and  sparse  sampling,  and  additionally  will  pro¬ 
vide  necessary  experience  and  data  to  advise  optimal  construction  and  magnetic  field  for  any  future 
electromagnet-based  deployable  systems.  In  its  current  configuration,  this  state-of-the-art  scanner  enables  high- 
performance  spectroscopy  and  8-channel  imaging  at  6.5  mT,  and  is  fully  equipped  for  Overhauser  DNP  exper¬ 
iments.  We  have  improved  the  ability  to  acquire  images  based  on  the  intrinsic  'H  signal  by  combining  new  low- 
field  hardware  methodology  and  advanced  pulse  sequence  and  reconstruction  methods,  and  demonstrated 
high-quality  imaging  in  the  human  head. 

Our  second  low  field  imaging  test  bed,  the  permanent  magnet  Halbach  LFI  is  based  around  a  lightweight  (45  kg) 
and  portable  magnet  with  a  built-in  encoding  field  for  MRI.  It  is  a  highly  specialized  and  potentially  disruptive 
scanner  that  could  greatly  ease  both  the  cost  and  burden  of  a  field-forward  instrument  purpose-built  for  TBI 
imaging.  The  2D  and  preliminary  3D  imaging  results  acquired  in  the  highly  inhomogeneous  magnetic  field  of 
the  Halbach  scanner  using  simultaneous  NMR  measurement  to  track  magnet  drift,  and  multi-channel  receive 
arrays  to  unwrap  image  aliasing,  and  are  encouraging.  A  truly  portable  MR  system  based  on  this  technology  has 
the  potential  to  quickly  detect  brain  injury  at  the  site  of  injury,  for  instance  in  an  ambulance  prior  to  transporta¬ 
tion  to  the  hospital. 

We  have  also  developed  technology  for  a  wholly  new  approach  to  brain  imaging  that  may  revolutionize  the  use 
of  MRI  for  the  assessment  and  treatment  of  secondary  brain  injury  following  TBI:  direct  tomographic  detection 
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of  endogenous  free  radicals  as  an  early  marker  for  TBI.  This  new  form  of  contrast,  “injury-sensitive  MRI”,  is 
based  on  the  enormous  signal  enhancement  attainable  with  Overhauser  DNP,  converting  the  electron  spin  of 
endogenous  free  radicals  into  nuclear  polarization  using  the  Overhauser  effect  and  subsequently  imaging  that 
modified  nuclear  polarization  using  low-field  MRI  (OMRI). 

The  imaging  experiments  summarized  above  in  the  optimized  electromagnet  LFI  are  compelling:  high  quality 
'H  brain  MRI  at  6.5  mT  is  in  fact  attainable  over  reasonable  averaging  times  using  high  performance  hardware 
and  advanced  MRI  sequences.  A  critical  question  for  this  work  is  the  understanding  of  the  clinical  balance  and 
impact  that  the  tradeoff  between  acquisition  time  and  resolution  implicit  in  imaging  plays  on  the  operation  of  a 
deployable  scanner. 

The  low-field  OMRI  results  presented  above  demonstrate  promise  for  high-speed  high- resolution  free-radical 
imaging,  and  offers  new  perspectives  for  the  measurement  of  free  radicals  in  living  organisms.  The  long-term 
goal  of  this  work  is  an  in  vivo  implementation  of  this  technique.  Free-radical  sensitive  low-field  OMRI  as  a  novel 
imaging  and  diagnostic  MRI-based  method  with  specificity  to  secondary-injury  has  the  potential  to  clarify  the 
mechanisms  involved  in  secondary  damage  and  the  local  effects  of  novel  therapies.  Time-critical  imaging  of  free 
radicals  can  provide  the  unique  interventional  access  critically  needed  for  drug  therapies  and  this  technique 
would  fill  the  clear  need  for  an  “injury  imager”,  suitable  for  non-invasive  tomographic  measurement  (Figure  8). 
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Figure  8:  Schematic  of  the  development  of  a  new  interventional  imaging  and  treatment  tool  for  in  vivo  detection 
of  endogenous  free  radicals  associated  with  secondary  injury  following  TBI  using  low-field  OMRI  as  developed 
here.  This  same  approach  can  similarly  open  up  new  treatment  windows  into  stroke  and  other  ischemic  events. 
MRI-based  in  vivo  free  radical  imaging  using  OMRI  is  impossible  at  high-field  due  to  the  inability  of  the  ESR 
pulse  to  penetrate  into  tissue,  and  the  danger  of  RF  heating  in  the  microwave  regime. 

Successful  demonstration  of  this  system  in  vivo  will  provide  image-based  injury  specificity  for  TBI  and  for  the 
first  time  open  a  window  into  a  critical  mechanism  of  TBI-related  disease  and  an  unambiguous  non-invasive  in 
vivo  marker  for  cerebral  injury.  Time-critical  imaging  of  free  radicals  associated  with  secondary  imaging  can 
provide  the  unique  interventional  access  critically  needed  to  develop  and  deliver  drug  therapies  to  mitigate 
brain  damage,  reducing  disability  and  death  from  secondary  injury  following  TBI.  The  low-field  approach 
would  allow  placement  of  this  critical  new  diagnostic  “injury  imager”  tool  close  to  the  source  of  injury — as  well 
as  in  hospitals  and  clinics  where  rehabilitation  takes  place. 
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Purpose 

Magnetic  Resonance  Imaging  (MRI)  is  unparalleled  in  its  ability  to  non-invasively  visualize  anatomical  structure  and  function  with  high  spatial  and 
temporal  resolution  and  a  broad  range  of  clinically  relevant  contrasts.  Yet  to  overcome  the  low  sensitivity  inherent  in  NMR-based  detection,  the  vast 
majority  of  clinical  scanners  incorporate  superconducting  magnets  operating  at  1.5,  3  tesla  (T),  and  more  exceptionally  at  7T.  These  powerful 
magnets  are  massive,  costly  to  purchase  and  maintain,  and  operate  with  very  strict  infrastructure  demands  and  siting  requirements  that  preclude 
operation  in  many  environments.  For  brain  imaging,  low-field  alternatives  have  been  developed  that  rely  on  superconducting  quantum  interference 

devices  (SQUID)  detector  arrays  combined  with  magnetic  field  cycling  techniques  [1-4].  To  date,  this  approach  is 
limited  by  prohibitively  long  acquisition  times  (>  1  hr)  and  restrictions  on  attainable  fields  of  view.  We  demonstrate 
here  3D  brain  MRI  in  vivo  at  6.5mT  (more  than  450  times  lower  than  clinical  MRI  scanners)  in  6  minutes,  by 
combining  a  high  performance  single  channel  Tx/Rx  coil  with  modern  undersampling  techniques  and  b-SSFP  [5]. 

Methods 

To  minimize  Bi  inhomogeneity  and  maximize  filling  factor,  a  close  fitting  single  channel  inductive  head  coil  for 
operation  at  276  kHz  was  designed  and  3D  printed  (Fig.  1).  The  coil  features  a  30-turn  3D  spiral  with  turn-to-turn 
distance  of  5.6  mm,  thus  ensuring  the  Bi  field  produced  is  everywhere  orthogonal  to  the  main  magnetic  field  B0.  The 
hemispheric  spiral  design  results  in  a  very  homogeneous  magnetic  field  [6,7]  over  the  volume  of  interest,  making  it 
suitable  for  both  RF  transmit  and  receive.  Litz  wire  was  selected  due  to  its  lower  AC  resistance  compared  to  solid 
copper  wire,  reducing  the  Johnson  noise  of  the  coil  while  maintaining  the  same  inductance.  Previously  [8],  we 
described  our  use  of  undersampling  strategies  to  accelerate  low-field  imaging.  We  make  use  of  this  here  by  randomly 
sampling  50%  of  k-space  using  a  variable  density  Gaussian  pattern.  Once  reconstructed,  the  images  were  apodized 
and  processed  using  Perona  and  Malik  anisotropic  diffusion  filtering  [9]  (ADF). 

Results 

Three-dimensional  undersampled  images  acquired  in  6  minutes  (NA=30)  are  shown  in  Fig.  2  for  each  of  the  three  spatial  orientations  (axial,  coronal, 
and  sagittal).  We  obtain  2.5x3.5x8.5  mm3,  2.5x3.5x14.4  mm3,  and  2.5x3.5x11.5  mm3  voxel  resolution  images  in  axial,  sagittal  and  coronal 
orientation,  respectively.  Images  with  NA=160  acquired  at  6.5  mT  are  compared  to  b-SSFP  images  acquired  at  3T  in  Fig.  3. 


Figure  1  :  3D  printed  single 
channel  volume  head  coil. 
The  coil  was  used  for  both 
transmit  and  receive  at  276 
kHz  (6.5  mT) 


Conclusion 

At  6.5  mT,  (more  than 
450  times  lower  than 
clinical  MRI  scanners)  we 
demonstrate  2.5x3.5x8.5 
mm3  resolution  in  the 
living  human  brain  in  6 
minutes.  We  contend  that 
robust  non-field-cycled 
low-field  implementations 
of  MRI  (<  10  mT)  have 
the  potential  to  make 
clinically  relevant  images 
and  set  new  standards  for 
a  completely  new 
category  of  affordable  and 
robust  portable  devices. 
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Figure  2:  3D  images  of  the  living  brain  (7  central  slices  of  15  slice  dataset  are  shown) 
acquired  in  6  minutes  at  6.5  mT  (276  kHz)  in  a.  axial,  b.  coronal,  and  c.  sagittal 
orientation.  Acquisition  matrix:  64x75x15,  Flip  angle  =  70°,  BW  =  9091  Hz,  TR/TE= 
23/11.7  ms,  NA=30,  voxel  size:  a.  (2.5x3.5x8.5)  mm3,  b.  (2.5x3.5x11.5)  mm3,  and  c. 
(2.5x3.5x14.4)  mm3. 


Figure  3:  Comparison  of  b-SFFP  images 
at  a.  3T  and  b.  6.5  mT.  Strong  banding 
artifacts  appear  at  high  magnetic  field 
(yellow  arrows)  whereas  no  artifact  is  seen 
in  the  images  acquired  at  low  field. 


References:  [1]  Zotev  et 
al.  J.  Magn.  Res.  2008 

194(1):  1 15-120;  [2]  Espy  et  al  J.  Magn.  Res.  2012  228:1-15;  [3]  Vesanen  et  al  Magn.  Reson.  Med.  2012  69(6):1795-1804;  [4]  Inglis  et  al  PNAS 
2013  110(48):  19194-201;  [5]  Scheffler  K  et  al  Eur  Radiol  2003  13:2409-18;  [6]  Harpen  J.  Magn.  Res.  1991  94(3):550-556;  [7]  Everett  et  al  J. 
Scientific  Instruments  1966  43:470-474;  [8]  Sarracanie  et  al.  Magn.  Reson.  Med.  2013  71:735-745;  [9]  Perona  et  al.  1990  IEEE  Trans.  Pattern  Anal. 
Mach.  Intell.  12(7):629-639. 
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Purpose 

In  recent  work  [1],  we  demonstrated  high  speed  MRI  in  the  very  low  magnetic  field  regime  (6.5  mT)  using  a  balanced  steady  state  based  (b-SSFP 
[2])  acquisition  scheme.  b-SSFP  provides  the  highest  SNR  per  unit  time  [2]  and  image  contrast  depends  on  the  ratio  T2/Tl.  At  very  low  field,  most 
species  have  T2  relaxation  times  approaching  Tb  so  b-SSFP  images  are  essentially  proton  density  (PD)  weighted.  In  previous  work  [3]  we  have 
shown  that  2D  MR  Fingerprinting  [4]  can  be  implemented  at  low  magnetic  field  and  provide  simultaneous  quantification  of  Tx  and  T2  as  well  as  pro¬ 
ton  density  and  B0  field  maps.  MRF  at  low  magnetic  field  creates  a  rapid  dynamic  series  of  low  signal  to  noise  ratio  (SNR)  images  where  the  magni¬ 
tude  of  each  voxel  of  each  image  changes  at  every  time  step.  Generally,  the  TR  and  flip  angle  of  each  image  in  the  time  series  is  varied  pseudo- 
randomly  [5].  Here,  we  demonstrate  MRF  in  3D  at  6.5  mT,  using  an  optimized  set  of  15  flip  angles  and  repetition  times  (FA/TR),  in  a  Cartesian  ac¬ 
quisition  of  &-space  with  a  new  hybrid  b-SSFP-EPI  sequence. 


Methods 

The  low  field  MRI  scanner  was  previously  described  [5].  The  imaging  sequence  is  a  hybrid  multishot  b-SSFP-EPI  with  an  echo-train  of  4  echoes 

(Fig.  1).  The  sequence  was  set  with  matrix  size  =  64x64x5,  corresponding  voxel  size  = 
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Figure  1:  Pulse  sequence  diagram  of  the  hybrid 
b-SSFP-EPI  sequence  used  for  3D  MR  Finger¬ 
printing.  The  FAs  and  TRs  were  set  according  to 
the  optimized  trajectory. 


(2.5x3.5x10)  mm3,  FOV  =  (125x175x50)  mm3,  number  of  average  NA  =  2.  The  minimum  TR  was 
62  ms  with  9091  Hz  bandwidth.  The  total  acquisition  time  was  25  min.  A  flip  (FA/TR)  trajectory  of 
length  N=15  was  generated  using  an  optimization  method  previously  described  [6].  Lack  of  SNR  at 
low  magnetic  field  required  redesigning  our  optimization  scheme  with  a  narrow  range  of  larger  flip 
angles  [60-120°]  and  shorter  TRs  [62-400  ms].  The  optmized  FA/TR  trajectory  is  compared  to  a 
non-optimized  trajec¬ 
tory  in  Fig.  2.  The  Slice  I  Slice  2  Slice  3  Slice  4  Slice  5 

imaged  phantom  con¬ 
sists  in  a  stack  of 
three  10  mm  thick 
compartments  of 
similar  volume  with 
different  Tl  and  T2 
properties. 


Results 

Each  image  generated  in  the 
reconstructed  fingerprinting 
set  (Figure  3)  reveals  differ¬ 
ent  information.  In  regions 
with  no  signal  (Slice  1,  Slice 
5),  no  matched  value  can  be 
found.  The  spin  density  (M0)  map  of  Figure  3. a  is  equivalent  to  traditional  b-SSFP,  and  only  subtle  differ¬ 
ences  are  seen  between  compartments.  Figure  3.  b-c  reveals  that  the  compartment  in  slice  3  has  the  lowest 
Ti  and  T2  values,  and  that  the  compartment  in  slice  4  has  the  highest  Tl  and  T2  values.  Mean  Tx  values  are 
200ms,  168ms,  and  320  ms  in  slices  2,  3,  and  4  respectively.  Mean  T2  values  are  180,  157,  and  260  ms  in 
slices  2,  3,  and  4  respectively. 


Figure  2:  Comparison  of  our  optimized 
trajectory  with  a  random  non-optimized 
trajectories  for  N=15. 


Figure  3  :  MR  Fingerprinting  results  at  6.5  mT  :  a.  M0,  b.  Ti,  and  c.  T2  in  3D,  in 
a  3  compartment  phantom.  Each  slice  in  the  figure  matches  one  of  the  phantom 
compartments. 


Conclusion 

We  have  demonstrated  3D 
MR  Fingerprinting  at  very 
low  magnetic  field  with  a 

hybrid  b-SSFP-EPI  sequence  enabling  fast  and  robust  acquisition  of  k-space.  The  optimized  FA/TR  strate¬ 
gy  provides  good  dispersion  while  drastically  reducing  the  total  acquisition  time.  We  measure  quantitative 
parameters  in  3D,  and  generate  several  image  contrasts  in  a  single  acquisition  (proton  density,  Tb  T2)  in  less  than  30  minutes.  This  technique  is  of 
particular  relevance  at  low  magnetic  field  where  SNR  and  contrast  are  tied  to  long  acquisition  times.  The  combination  of  3D  MRF  with  low  field 
MRI  scanners  has  great  potential  to  provide  clinically  relevant  contrast  with  portable  low  cost  MR  scanners. 

References:  [1]  Sarracanie  M  et  al.  Proc.  ISMRM  2013  #5322;  [2]  Scheffler  K  et  al.  Eur  Radiol  2003  13:2409-18;  [3]  Sarracanie  M  et  al.  Proc. 
ISMRM  2014  #6370;  [4]  Ma  D  et  al  Nature  2013  495:187-193;  [5]  Tsai  LL  et  al  JMR  2008;  193:174-85;  [6]  Cohen  et  al,  Proc  ISMRM  2014  #7153 
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PURPOSE:  MRI  could  find  wider  applicability  if  low-cost,  portable  systems  were  available  for  siting  in 
unconventional  locations  such  as  ICUs,  physician  offices,  ambulances,  or  rural  healthcare  sites.  The 
development  of  a  previously  described  portable  (<100kg)  MRI  scanner  for  brain  imaging1  is  advanced 
with  the  implementation  of  3rd  axis  encoding  using  the  TRASE  technique2’3. 

METHODS:  Our  2D  axial  plane  imaging  without  gradient  coils  utilized  a  rotating,  45  kg,  77  mT 
inhomogeneous  Halbach  cylinder  based  magnet1.  The  built-in  field  variation  of  the  permanent  magnet 
array  is  used  as  a  rotating  spatial  encoding  magnetic  field  (rSEM).  As  the  magnet  is  rotated  around  the 
sample,  generalized  projections  onto  the  non-linear  SEM  are  acquired  as  a  spin-echo  train. 

To  enable  imaging  in  the  3rd  direction  (along  the  axis  of  the  cylindrical  magnet),  we  use  the  TRASE 
method.  TRASE  is  a  Be  encoding  method  that  requires  2  different  switchable  Be  phase  gradients  (often 
equal  and  opposite)  along  the  encoding  direction23.  The  ID  TRASE  sequence  (Fig.  2)  is  a  modified 
RARE  spin-echo  train  in  which  the  slope  of  the  Be  phase  gradient  switches  for  consecutive  refocusing 
pulses  (indicated  by  the  +  or  -).  The  2  phase  gradients  correspond  to  2  k-space  origins  (-ki  and  ki),  and  the 
previous  k-space  point  is  flipped  across  the  k-space  origin  of  the  refocusing  pulse  to  traverse  k-space. 

Coils :  A  TRASE  array  was  designed  that  consists  of  two  nested  cylindrical  coils  (Fig.  3).  Coil  1  is  a  short  4- 
turn  birdcage  coil  (12  rungs,  18cm  diam.,  22cm  length)4  that  produces  a  Bi+field  in  Y  with  a  cosine  shape  along 
X,  B\y (x)  =  \Bfxy\cos(2n  /qx).  Coil  2  is  a  10  turn  Maxwell  coil  (22cm  diam.,  18cm  length)  that  produces  a 

field  in  X  with  a  sine  shape  along  X,  B+X(x)  =  ±|Bixy|sin(27r  /qx).  The  coils  are  tuned  to  the  Larmor 
frequency  (3.29  MHz)  and  decoupled  with  a  transformer  (-20  dB  isolation).  Figure  3b,  shows  the  relative 
magnitude  of  Bu  and  Biy  from  the  2  coils  measured  with  a  pick-up  loop.  When  the  two  coils  are  driven  with 
equal  \B^xy\  magnitude  and  spatial  frequency,  ki,  they  produce  the  desired  Be  field, 


4>biM  =  2nk1x 


y'"x  0B1  GO  =  -2n  /q  x 

Figure  1:  (a)  Y-Z  encoding  is  done  with  the  rotating  SEM 
method,  (b)  TRASE  is  done  in  the  X  direction  using  a 
switchable  linear  Be  phase  along  X. 
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(uniform  magnitude  and  linear  phase).  A  switchable  180°  phase  shifter  is  added 


in  the  Maxwell  coil  RF  path,  which  applies  a  sign  change  to  every  other  refocusing  pulse.  The  pulses  with  the 
phase  shift  thus  have  a  negative  phase  gradient;  B±(x)+  =  \Bfxy \e~l  2nk^x. 

Acquisition :  The  2D  rSEM  method  and  TRASE  are  performed  simultaneously  for  3D  imaging.  The 
TRASE  array  must  rotate  with  the  magnet  because  the  Y  direction  changes  as  the  magnet  rotates.  For 
every  magnet  rotation,  the  projection  onto  the  SEM  is  acquired  as  a  TRASE-modulated  16-echo  spin- 
echo  train  (each  echo:  readout  =  196  pt,  BW  =  40  KHz,  echo  spacing  =  9.7  ms).  Data  is  acquired  at  180 
rotations  of  the  magnet  spaced  1°  apart.  Frequency-swept  WURST  pulses  are  used  to  achieve  the  same 
flip  angle  across  the  inhomogeneous  field  (BW  =  25  KHz,  [pw90,  pwl 80]  =  [6,3]  ms)5.  The  birdcage  coil 
of  the  TRASE  array  is  used  as  the  receiver  coil. 

Reconstruction.  Step  one  separates  the  echo  train  data  along  X  to  obtain  16  different  YZ-datasets 
corresponding  to  each  slice.  For  each  of  the  196  points  in  the  readout  window,  the  set  of  16  points  along 
the  echo  train  populates  a  k-space  vector  (Fig.  2).  The  points  are  rearranged  and  FFT’ed  to  generate  a 
ID  projection  along  X  (Fig.  4).  Only  the  k-space  lines  formed  from  the  center  points  of  the 
echos  result  in  ID  projections  that  are  not  modulated  by  the  Bo  SEM.  This  is  repeated  for  the 
echo  trains  from  each  of  the  181  magnet  rotations.  Step  two  reconstructs  each  set  of  181 
echoes  (YZ-data)  into  a  2D  image  of  the  corresponding  slice.  The  encoding  matrix  for  each 
slice  is  calculated  using  2D  Bo  field  maps  and  then  iterative  matrix  inversion1  is  performed  to 
separately  obtain  each  2D  image. 

RESULTS:  Figure  4  shows  experimental  3D  imaging  results  using  a  7.5cm  thick  phantom  with 


Figure  2:  The  TRASE  sequence  is  repeated  for 
every  magnet  rotation  of  the  imaging  sequence. 
The  +\-  indicates  the  sign  of  TRASE  phase  slope. 


Figure  3:  (a)  The  TRASE  array  is  a  nested  birdcage 
and  Maxwell  coil,  (b)  The  measured  magnitude  of  Bn 
from  the  Maxwell  coil  and  Biy  from  the  birdcage  coil. 


X  =  -3  cm 


1 .5  cm  water-filled  compartments  spaced  3  cm  apart  in  X.  A  1 D  projection  along  X  shows  the 
water-filled  compartments.  Three  slices  are  reconstructed  from  data  at  X  =  -3cm,  0cm,  and  3cm 
using  the  corresponding  2D  Bo  field  maps. 

DISCUSSION:  The  non-bijectivity  of  the  SEMs  results  in  image  aliasing  across  the  center.  This 
is  usually  resolved  using  a  surface  coil  array6,  but  as  a  first  step,  the  birdcage  coil  of  the  array 
was  used  for  a  receiver  coil  and  only  the  reduced  FOV  image  is  shown.  The  blurring  in  the 
image  slice  is  due  to  a  combination  of  the  spatially  varying  resolution  of  the  SEMs  and  Figure  4:  Image  of  a  3D  phantom  consisting  of  three  water-filled 

systematic  calibration  errors  in  our  model-based  reconstruction.  compartments  spaced  3  cm  apart  in  X.  A  ID  projection  along  X 

CONCLUSION:  We  demonstrate  oroof-of-conceot  3D  imaaes  in  an  inhomoaeneous  45  ka  ,or  1  r°tat'on,  an9lejs  shown  ('ower  'eft)  3  image  slices  were 

magnet  without  the  use  of  the  gradient  coils.  TRASE  encoding  along  X  is  ideal  because  like  our  recons,ruc,ed  usin9 the  aPPr°Priate  20  field  maPs- 

2D  method  it  uses  spin-echo  trains,  and  it  prevents  the  need  for  a  Bo  gradient  coil  and  GPA,  which  would  add  weight,  cost,  and  power  requirements  to  the  portable, 
low-cost  system.  Future  work  will  extend  this  3D  imaging  method  using  larger  diameter  magnets  and  coils  with  the  goal  of  portable  low-cost  MRI  brain  imaging. 
REFERENCES:  (1)  Cooley  C,  MRM  2014.  (2)  Sharp  JC,  MRM  2010.  (3)  Sharp  JC,  NMR  in  Biomed.  2013.  (4)  Borsboom  H,  Magn.  Reson.  Mater.  Phy.  1997.  (5) 
Casabianca  LB,  JMR  2014,  (6)  Hennig  J,  Magn.  Reson.  Mater.  Phy,  2008. 
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Transmit  Array  Spatial  Encoding  (TRASE)  with  broadband  WURST  pulses  for  robust  spatial  encoding  in  inhomogeneous  BO 

fields 

Jason  P  Stockmann1,2,  Clarissa  Cooley3,4,  Mathieu  Sarracanie1,2,  Matthew  S  Rosen1,2,  and  Lawrence  L  Wald1,4 
7A.  A.  Martinos  Center  for  Biomedical  Imaging,  Massachusetts  General  Hospital,  Charlestown,  MA,  United  States,  2  Department  of  Physics,  Harvard  University, 
Cambridge,  MA,  United  States,  3 Massachusetts  General  Hospital,  Charlestown,  MA,  United  States,  4 Harvard  Medical  School,  Boston,  MA,  United  States 


TARGET  AUDIENCE:  MRI  engineers  working  with  inhomogeneous  B0  fields 
PURPOSE:  Transmit  array  spatial  encoding  (TRASE)1  uses  RF  coils  with  linearly-varying 
Bf  phase  to  replace  B0  gradient  phase  encoding  along  one  more  directions.  To  traverse  k- 
space,  the  sign  of  the  Bf  phase  is  flipped  for  alternating  refocusing  pulses  in  a  spin  echo 
train,  imparting  an  additional  Ak  phase  modulation  to  each  successive  echo  in  the  train. 
TRASE  provides  an  alternative  for  performing  high  resolution  spatial  encoding  in 
applications  where  conventional  B0  gradients  are  not  feasible.  However,  the  TRASE  point 
spread  function  degrades  rapidly  for  refocusing  pulse  angles  outside  the  range  150-195° 
due  to  accumulation  of  flip  angle  and  phase  errors  along  the  echo  train2.  For  the  hard  pulses 
(as  shown  in  TRASE  results  to  date),  the  refocusing  angle  falls  below  150°  when  AB0  >  40% 
of  the  pulse  Rabi  frequency.  This  constrains  the  use  of  TRASE  in  applications  where  peak 
RF  power  is  limited  or  AB0  is  large.  We  propose  a  method  for  overcoming  this  problem  using 
broadband  “WURST”  RF  pulses  along  with  a  simple  deconvolution  method  to  render  the 
acquired  echoes  compatible  with  TRASE.  METHODS:  To  demonstrate  ID  TRASE  in  the 
presence  of  strong  off-resonance,  we  acquire  projections  in  an  inhomogeneous  Halbach 
array  magnet  (±20  KHz  over  FOV)  originally  developed  as  a  lightweight,  permanent  magnet- 
based  portable  MRI  prototype3  with  Larmor  frequency  3.285  MHz  (Fig.  1).  WURST-40 
pulses4  with  phase  cycling5  are  used  for  spin  excitation  and  refocusing.  Pulses  with  linear 
frequency  sweep  impart  a  quadratic  phase  across  the  spin  bandwidth,  but  if  the  pulse  sweep 
rate  satisfies  the  condition  Rexc  =  VzRret  and  the  AB0  field  is  constant,  then  the  refocusing 
pulse  removes  the  phase  applied  by  the  excitation  pulse  and  all  isochromats  refocus  at  TE6. 
Further  readouts  in  the  echo  train  alternate  between  conventional  echoes  and  “spectral” 
echoes5  that  resemble  the  frequency  distribution  of  spins  in  the  AB0  field.  This  additional  RF 
phase  modulation  must  be  removed  in  order  to  make  the  spectral  echoes  compatible  with 
TRASE.  The  spectral  echo  signal  can  be  approximated  as  a  convolution  of  the  conventional 
spin  echo  signal  with  a  chirp  function,  exp(i27r  t2),  where  depends  on  the  sweep  rate. 
DECONVOLUTION  is  performed  by  either  (a.)  convolving  the  spectral  echo  with  a  scaled, 
conjugated  version  of  the  chirp  function,  or  equivalently  (b.)  in  the  Fourier  transform  (FT) 
domain  by  dividing  the  FT  of  the  echo  (1 D  projection)  by  the  FT  of  the  chirp  function7.  Since 
the  FT’ed  chirp  kernel  is  a  pure  phase  term,  method  (b.)  requires  simply  taking  the 
difference  between  the  phase  of  the  first  and  second  projections  in  the  echo  train  (Fig.  2). 
This  phase  difference  is  used  to  correct  all  subsequent  spectral  echoes.  The  FT  of  the 
corrected  spectral  echoes  yields  echo  magnitudes  and  phases  that  correspond  closely  to  the 
conventional  echoes  in  the  train.  EXPERIMENT:  Tube  phantoms  are  placed  in  the 
inhomogeneous  B0  field  and  a  train  of  129  echoes  are  acquired  each  with  196  readouts 
points,  40  KHz  BW,  and  echo  spacing  9.4ms.  WURST-40  excitation  and  refocusing  pulse 
durations  are  [  exc,  ref]  =  [6,  3]  ms  and  sweep  rates  are  [Rexc,  RreA  =  [4.15,  8.3]  MHz/s  over  a 
25  KHz  bandwidth.  A  multi-turn  Maxwell  coil  (B1x+)  is  paired  with  a  concentric  multi-turn 
birdcage  coil8  ( B1y+ )  to  generate  sine  and  cosine-shaped  Bf  amplitudes,  respectively,  along 
the  encoding  axis,  x.  When  both  coils  are  driven  simultaneously,  the  desired  linear  phase 
slope  is  generated:  B+ot(x)  =  \B+y\cos(2irkx)  ±  i\B+xy\  sinflitkx)  =  \B^xy\exp  (±i2itkx) 

The  TRASE  Bf(x)  phase  is  switched  using  an  RF  phase  shifter  to  play  the  pattern: 
{90+,  180+, echo,  180+, echo,  180-, echo,  180+, echo,  180-...}.  The  first  two  echoes  have  no 
TRASE  modulation  and  can  therefore  be  used  to  calculate  the  phase  difference  required  for 
the  spectral  echo  correction.  To  create  a  ID  projection  along  x,  the  point  from  the  center  of 
each  readout  is  selected  to  avoid  modulation  imparted  by  the  AB0  field  (Fig.  3).  The  points  are 
reordered  and  FT’ed  to  create  a  1 D  projection  of  the  object.  RESULTS:  Fourier  domain  phase 
subtraction  faithfully  restores  spectral  echoes  so  that  their  real  and  imaginary  components 
align  closely  with  those  of  conventional  echoes.  The  TRASE-WURST  acquisition  successfully 
generates  projections  of  phantoms  with  bandwidths  >10  KHz  in  the  inhomogeneous  B0  field. 
By  contrast,  recognizable  projections  could  not  be  obtained  using  hard  pulse  excitations  since 
available  RF  power  constrained  the  minimum  pulse  duration  ([75,150]  ps  for  [90°,  180°]  pulses) 
and  thus  the  bandwidth  of  the  pulses.  CONCLUSION:  We  demonstrate  robust  spatial 
encoding  using  WURST  pulses  for  TRASE  encoding  in  an  inhomogeneous  B0  field.  We  further 
show  a  simple  phase  correction  that  allows  WURST  spectral  echoes  to  be  used  for  TRASE 
encoding.  In  future  work,  TRASE-WURST  slice  encoding  will  be  combined  with  in-plane  B0 
gradient  encoding  to  generate  3D  images.  Potential  applications  include  silent  imaging,  oil  well 
prospecting,  and  portable  low-field  scanners.  REFERENCES:  [1]  Sharp  JC,  NMR  Bio.  2013. 
[2]  Sharp  JC,  ISMRM  2010,  p.  1469.  [3]  Cooley  C,  MRM  2014.  [4]  Kupce  E,  JMR  1995.  [5] 
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Fig.  i.  Halbach  magnet  AB0  field  plotted  along  three 
planes.  TRASE  encoding  is  implemented  along  x direction. 
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Fig.  2.  WURST  pulse  sequence  diagram  with  four  echoes 
acquired  on  a  water  bottle  phantom.  The  bracketed  block  is 
repeated  as  needed.  Conventional  echoes  alternate  with 
“spectral”  echoes  modulated  by  the  quadratic  phase  of  the 
frequency  swept  RF  pulses.  This  effect  is  compensated  by 
removing  the  quadratic  phase  from  the  projections 
corresponding  to  each  spectral  echo.  After  phase  correction 
the  echo  real  and  imaginary  parts  overlay  for  all  echoes  in 
the  train.  Phase  cycling  scheme  is  as  follows:  $  =[90,  270, 

180,  0]°,  (/>  =[0,  0,  90,  90]° 
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180,  90,  270]°.  The  3rd  and  4“'  echoes  in 
multiplied  by  it  to  compensate  for  phase  cycling. 
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Fig.  3.  The  first  8  corrected  echoes  (a.)  from  a  128-echo 
train  shown  with  (red)  and  without  TRASE  phase 
modulation.  Orange  and  green  dots  at  each  echo  time 
denote  positive  and  negative  k-space  points,  respectively, 
which  are  reordered  into  ID  k-space  (b.).  The  Fourier 
transform  yields  a  128-point  ID  projection  (c.)  of  the 
water-filled  tube  phantom  (d.). 


Casabianca  LB,  JMR  2014.  [6]  Kunz  D,  MRM  1987.  [7]  Ito  S,  MRM  2008.  [8]  Borsboom  H,  MAGMA  1997.  ACKNOWLEDGEMENTS:  The  authors  thank 
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A  single  channel  spiral  volume  coil  for  in  vivo  imaging  of  the  whole  human  brain  at  6.5  mT 

Cristen  LaPierre1,2,  Mathieu  Sarracanie1,2,  David  E  J  Waddington1,3,  and  Matthew  S  Rosen1,2 
1 MGH/A.  A.  Martinos  Center  for  Biomedical  Imaging,  Charlestown,  MA,  United  States,  2 Department  of  Physics,  Harvard  University,  Cambridge,  MA,  United  States, 

3 ARC  Centre  of  Excellence  for  Engineered  Quantum  Systems,  School  of  Physics,  University  of  Sydney,  Sydney,  NSW,  Australia 

Purpose:  MRI  at  low  magnetic  field  (<10  mT)  without  cryogenic  or  hyperpolarization  techniques  presents  unique  engineering  challenges.  Imaging 
coils  must  maximize  coverage  over  the  volume  of  interest  while  minimizing  losses  in  a  regime  unusual  in  contemporary  MRI — where  Johnson  noise 
dominates  the  noise  floor.  Our  previous  work  validated  our  scanner  hardware  and  pulse  sequences  MRI  at  6.5  mT.  The  purpose  of  the  present  work  is 
to  construct  a  high-performance  coil  for  low-field  imaging  of  the  human  brain  in  vivo. 

Methods:  Our  previous  coils  focused  on  implementing  array  coil  technology  common  at  clinical  field  strengths,  and  we  constructed  an  8  channel 
receive-only  coil  for  our  6.5  mT  low-field  imager  at  276  kHz.  While  our  results  were  promising1,2,  a  lack  of  low  noise  high-impedance  pre-amplifiers 
at  our  frequency  regime  prevented  us  from  achieving  sufficient  coil  decoupling,  resulting  in  images  with  poor  SNR.  We  present  here  a  single  channel 
coil  with  greatly  improved  SNR  for  these  applications. 

We  designed  a  spiral  volume  coil  design  for  combined  Tx  and  Rx  and  optimized  for  human  head  imaging  in  the  trans¬ 
verse  BO  field  of  our  low  field  scanner.  This  places  the  receive  element  close  to  the  head  while  still  covering  the  entire 
volume  uniformly.  Additionally,  the  symmetry  of  a  spherical  spiral  results  in  a  homogeneous  magnetic  field  over  its 
volume,  minimizing  B1  inhomogeneity3’4.  Losses  in  low  field  imaging  are  mainly  due  to  resistive  losses  in  the  coil 
(the  so-called  Johnson  noise  regime).  Rather  than  lower  this  resistance  by  cooling,  we  instead  use  of  multistranded 
Litz  wire.  When  compared  to  a  solid  copper  wire  of  the  same  gauge,  a  loop  made  of  Litz  wire  will  have  the  same  in¬ 
ductance  but  a  fraction  of  the  AC  resistanc,  resulting  in  a  lower  noise  floor  and  higher  image  SNR. 

The  optimal  number  of  turns  and  appropriate  wire  gauge  were  determined  through  simulation.  The  helmet  shape  was 
designed  to  fit  closely  to  an  anatomically  accurate  human  head  model.  The  spiral  path  was  generated  in  a  custom 
MATLAB  (Mathworks  Inc.)  script  and  imported  into  BiotSavart  (Ripplon  Software  Inc.)  for  an  estimate  of  induct- 
Figure  1:  Form  fitting  helmet  ance.  Resistance  was  computed  from  the  estimated  wire  length  and  the  characteristic  impedance  per  length  of  wire  for 
with  30-tum  spiral  design.  that  gauge.  Coil  Q  was  estimated  as  coL/R.  Bandwidth  was 

estimated  from  the  Q  value.  We  iterated  through  several 
designs  until  we  achieved  our  target  Q~40  and  BW=6kHz. 

Results:  From  simulations,  we  built  a  30-tum  spiral  wound  with  Type  1  40/38  Litz  wire. 

Our  aligned  tum-to-tum  spacing  was  5.6  mm.  The  final  design  was  3D  printed  using 
fused  deposition  modeling  technology  with  polycarbonate  in  a  Fortus  360  me  printer 
(Stratasys,  Eden  Prairie,  MN,  USA),  (Figure  1). 

Images  were  acquired  at  6.5  mT  in  a  head  shaped  phantom  using  3D  b-SSFP  with  50% 
undersampling.  Resulting  voxel  size  was  3.9x3.5x16.7  mm3  (NA=110)  (Figure  2a).  A 
maximum  in-plane  SNR  of  130  was  calculated.  An  image  of  a  similar  slice  obtained  with 
the  8-channel  array  coil  is  shown  for  comparison  (Figure  2b,  combined  image  using  RSS, 
voxel  size  =  4.4x4.2x22  mm3,  NA  =  80,  max  SNR  =  16.5). 

19  slices  of  structured  resolution  phantom  imaged  with  optimized  spiral  volume  coil  are 
shown  in  Figure  3.  This  four-quadrant  phantom  is  filled  will  liquid-filled  spheres  of  various  diameters.  Voxel  size  in  this  scan  is  3.5x2.5x5  mm3  with 
NA=40  and  maximum  SNR  of  24.8.  Total  acquisition  time  is  10  minutes. 


Figure  2:  Equivalent  slices  in  a  head  phantom  acquired  using 
the  single  channel  spiral  coil  (A)  and  the  8-channel  array  (B  ) 
at  6.5  mT.  Images  are  scaled  by  their  maximum  intensity. 


Figure  3:  Axial  view  of  a  multi-compartment  head-shaped  phantom  acquired  with  the  Litz  spiral  volume  coil  at  6.5  mT  in  10  minutes. 


Discussion:  A  30-turn  single  channel  volume  spiral  coil  designed  for  low  field  imaging  significantly  outperformed  our  8 -channel  array  coil.  By  min¬ 
imizing  losses  in  the  coil,  maximizing  filling  factor  and  eliminating  coupling  issues,  we  were  able  to  obtain  significantly  higher  SNR. 

Conclusions:  A  high  filling  factor  human-head  Tx/Rx  spiral  volume  imaging  coil  was  successfully  designed  and  constructed  for  6.5  mT  (276  kHz). 

Financial  Disclosure:  This  research  was  supported  by  the  Department  of  Defense,  Defense  Medical  Research  and  Development  Program,  Applied 
Research  and  Advanced  Technology  Development  Award  W81XWH- 11-2-0076  (DM09094). 

References:  1.  LaPierre  CD,  et  al.  Proc.  Inti.  Soc.  Mag.  Reson.  Med.  21  (2013)  2772 

2.  LaPierre  CD,  et  al.  Proc.  Inti.  Soc.  Mag.  Reson.  Med.  22  (2014)  1325 

3.  Harpen  MD.  JJ  Magn  Res  1991;94(3):550-6. 

4.  Everett  JE  and  Osemeikhian  JE.  J.  Sci.  Instrum.  1966;43(7):470. 
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High  Performance  Probe  for  in  vivo  Overhauser  MRI 

David  E  J  Waddington1,2,  Mathieu  Sarracanie1,3,  Najat  Salameh1,3,  and  Matthew  S  Rosen1,3 
1 MGH/A.  A.  Martinos  Center  for  Biomedical  Imaging,  Charlestown,  MA,  United  States,  2 ARC  Centre  of  Excellence  for  Engineered  Quantum  Systems,  School  of  Physics, 
University  of  Sydney,  Sydney,  NSW,  Australia,  department  of  Physics,  Harvard  University,  Cambridge,  MA,  United  States 


Purpose:  Overhauser-enhanced  MRI  (OMRI)  is  an  electron-proton  double  resonance  imaging  tech¬ 
nique  of  much  interest  due  to  its  ability  to  detect  the  concentration  and  distribution  of  free  radicals. 
Tracking  of  exogenous  free  radicals  with  OMRI  in  vivo  has  enabled  the  development  of  oxymetry 
probes  [1]  and  the  imaging  of  redox  reactions  [2].  The  large  gyromagnetic  ratio  of  electrons  (28 
GHz/T)  demands  that  in  vivo  OMRI  is  performed  at  very  low  magnetic  fields  (~10  mT)  in  order  to 
minimize  RF  heating  and  penetration  depth  issues.  Operation  at  low  magnetic  field  causes  a  drastic 
reduction  in  NMR  sensitivity  despite  the  signal  enhancement  that  comes  from  the  Overhauser  effect, 
and  emphasizes  the  need  for  high  S/N  probes.  OMRI  probe  design  is  still  relatively  unexplored, 
despite  its  importance,  and  presents  challenges  unique  to  the  frequencies  of  operation  (fH  =  276  kHz 
and  fe  =  140.8  MHz  in  our  experiments  at  6.5  mT).  Here,  we  report  the  development  of  a  high  per¬ 
formance  OMRI  probe  built  to  image  free  radical  probes  of  the  blood  brain  barrier  following  ischem¬ 
ic  stroke  in  a  rat  model  [3]. 

Methods:  Our  OMRI  probe,  consisting  of  an  NMR  solenoid  inside  a  modified  Alderman-Grant 
Resonator  (Figure  1),  was  designed  for  use  with  a  custom  built,  very  low-field  MRI  scanner  operat¬ 
ing  at  6.5  mT  (fH  =  276  kHz)  [4].  Images  were  acquired  using  a  recently  developed,  fast,  high- 
resolution  b-SSFP  based  OMRI  methodology  [5].  NMR  probe  design  in  the  low-field  regime  is 
fundamentally  different  to  that  at  conventional  MRI  fields  as  thermal  noise  due  to  the  intrinsic  re¬ 
sistance  of  the  pickup  coil  dominates  over  sample  noise.  This  leads  to  a  compromise  where  S/N 
improvements  come  at  the  expense  of  imaging  bandwidth  S/N  ~y[Q  ~1/s/BW.  An  85  turn  solenoid 
was  wound,  using  low  AC  resistance  5/39/42  litz  wire,  on  a  3D  printed  polycarbonate  former.  This 
high  filling  factor  coil  has  a  bandwidth  of  3  kHz. 


Figure  2:  COMSOL  Multiphysics  simulations  (a)  Our  modified  Alderman-Grant  Resonator,  (b) 
Plot  of  |E|  showing  that  the  electric  field  is  strongly  suppressed  inside  the  resonator,  (c)  Bie  shows 
high  homogeneity  in  the  imaging  volume  -  less  than  10%  variation  across  the  imaging  region. 
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Figure  1:  NMR/ESR  rat  head  probe  for  operation  at  6.5  mT. 
The  ESR  resonator  is  tuned  to  140.8  MHz.  The  litz  wire 
NMR  solenoid  coil  (276  kHz)  resonator  board  is  not  shown. 

A  modified  Alderman-Grant  ESR  resonator  was  built  using 
copper  foil  on  Pyrex  tubing.  All  metal  placed  in  close  prox¬ 
imity  to  the  NMR  solenoid  strongly  couples,  reducing  the 
NMR  sensitivity.  We  therefore  minimized  amount  of  copper 
in  the  ESR  resonator.  Windows  were  removed  from  the  pan¬ 
els  on  the  sides  of  an  Alderman-Grant  resonator,  a  region  of 
low  current  flow  [6],  in  an  attempt  to  reduce  coupling  whilst 
maintaining  Bi  homogeneity.  Shielding  at  the  ends  of  the 
resonator  prevents  high  electric  fields  at  the  capacitors  pene¬ 
trating  the  imaging  volume,  important  because  PRF-absorbed  ~ 
E2.  Slits  in  the  shielding  prevent  the  formation  of  closed 
loops  that  couple  to  the  solenoid.  Figure  2  demonstrates  the 
high  Bi  homogeneity  and  strong  E  suppression  in  our  ESR 
resonator. 


TEMPOL  (4-hydroxy-TEMPO)  a  stable  radical,  is  detected  by  OMRI  with  high  sensitivity,  and 
because  of  its  small  size  may  facilitate  imaging  blood  brain  barrier  leakage  in  cases  of  oxidative 
stress  [3].  Simulations  were  validated  in  2mM  TEMPOL  solutions  (not  shown)  using  simple 
spectroscopic  measurements  as  well  as  fast  imaging  strategies  [5].  The  ESR  resonator  was  tuned 
to  141  MHz,  the  lowest  frequency  of  the  TEMPOL  triplet  state  at  6.5  mT,  to  minimize  RF  heating 
during  ESR  irradiation. 

Results:  Previously  we  reported  the  development  of  an  OMRI  probe  for  a  rat  head  model  utilizing 
an  NMR  solenoid  and  ESR  surface  coil  [3].  Testing  of  our  new  OMRI  probe  shows  that  it  has  3x 
the  S/N  of  the  probe  reported  in  [3]  and  rectifies  problems  with  Bie  homogeneity,  yielding  homo¬ 
geneous  enhancement  of  -6.7  in  2mM  TEMPO  when  10  W  of  RF  power  is  applied. 

In  vivo  OMRI  signal  enhancement  is  clearly  visible  in  the  rat  brain  after  TEMPOL  injection,  as 
shown  in  Figure  3.  As  the  Overhauser-enhanced  signal  has  a  phase  opposite  to  that  of  the  thermal 
signal,  the  phase  image  in  Figure  3  provides  sensitive  contrast  in  regions  of  low  TEMPOL  con¬ 
centration. 

Discussion  and  Conclusion:  We  have  implemented  a  high  performance  probe  for  high  temporal 
and  spatial  resolution  OMRI  in  a  rat  brain.  The  S/N  of  this  probe  may  be  further  improved,  whilst 
maintaining  imaging  bandwidth,  by  using  an  active  feedback  circuit  [7].  Higher  S/N  could  also 
be  realized  through  supercooling  of  the  NMR  solenoid  or  by  using  a  free  radical  with  a  longer  T]e 
such  as  triphenylmethyl  [1].  This  probe  may  allow  the  in  vivo  detection  of  rapid  redox  changes  in 
pathologic  tissues,  specifically  in  the  context  of  brain  trauma  or  stroke. 

References:  [1]  K.  Golman  et  al.,  J.  Mag.  Res.  Im.,  12,  929-938  (2000).  [2]  Utsumi  etal.,  PNAS,  103,  1463-1468  (2006).  [3]  M.  Rosen  et  al.,  ISMRM,  6461  (2014). 
[4]  Tsai  etal.,  J.  Mag.  Res.,  193,  274-285  (2008).  [5]  M.  Sarracanie  etal.,  Magn  Res.  Med.,  71,  735-745  (2014).  [6]  Mispelter  et  al.  ‘NMR  Probeheads:  For  Biophysical 
and  Biomedical  Exeperiments’,  Imperial  College  (2006).  [7]  Baudin  et  al.,  J.  of  Phys.  Conf.  Series,  294,  012009  (2011). 
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Figure  3:  OMRI  images  acquired  from  a  rat  at  6.5  mT  follow¬ 
ing  injection  of  lmL  of  150  mM  TEMPOL.  Five  slices  from 
an  11  slice  data  set  shown.  OMRI  (NA=1)  imaging  time  was  9 
seconds.  Anatomical  MRI  (NA=30)  was  acquired  in  the  OMRI 
scanner  with  ESR  power  disabled.  All  images,  voxel  size:  1.1 
x  1.6  x  8  mm3,  Matrix:  128  x  35  x  11 
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Dynamic  in  vivo  free  radical  imaging  with  Overhauser-enhanced  MRI 
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PURPOSE:  Free-radical-sensitive  Overhauser-enhanced  MRI  (OMRI)  is  a  promising  technique  for  imaging  the  distribution  and  dynamics  of  free 
radicals,  and  a  recently  developed  fast  high-resolution  OMRI  methodology  (1)  offers  new  perspectives  for  the  imaging  of  free  radicals  in  living  or¬ 
ganisms.  This  method  has  been  used  to  probe  BBB  breakdown  following  ischemic  stroke  in  rats  in  conjunction  with  an 
injected  stable  free  radical  (2).  Here  we  explore  if  OMRI  can  be  used  to  acquire  free  radical  images  with  sufficient  spatial 
and  temporal  resolution  to  probe  oxidative  stress  status  in  the  brain.  We  present  time-resolved  in  vivo  measurements  fol¬ 
lowing  a  single  injection  of  TEMPOL.  TEMPOL  (4-hydroxy-TEMPO),  a  small  molecule  with  a  stable  unpaired  electron 
spin,  is  detected  by  OMRI  with  very  high  sensitivity.  According  to  the  literature,  TEMPOL  does  not  cross  the  BBB  in  a 
normal  physiological  state  but  does  pass  into  brain  parenchyma  under  pathological  circumstances  associated  with  oxida¬ 
tive  stress  and  disease  (3).  As  TEMPOL  reduction  has  been  used  to  non-invasively  monitor  tissue  redox  status  in  animal 
models  (4),  we  hypothesize  that  time-resolved  OMRI  may  be  a  tool  to  elucidating  the  redox  status  of  brain  tissue  in  neuro¬ 
logic  diseases  in  which  oxidative  stress  plays  a  significant  role  such  as  reperfusion  injury  (5),  head  trauma  (6),  Alzheimer’s 
dementia  (7)  and  multiple  sclerosis  (8). 


METHODS:  A  custom  built,  low-field  MRI  scanner  equipped  with  a  biplanar  6.5  mT  electromagnet  and  biplanar  gradi¬ 
ents  was  used  in  these  experiments  (9).  3D  OMRI  was  performed  using  an  optimized  sequence  based  around  b-SSFP  as 
described  in  (1).  In  vivo  experiments  were  performed  using  a  modified  Alderman-Grant  ESR  coil  outside  of  a  high  sensi¬ 
tivity  solenoid  NMR  coil  wound  from  5/39/42  Litz  wire  that  fits  the  rat  head  (Figure  1).  Under  isoflurane  anesthesia,  the 
right  carotid  bifurcation  of  a  male  Sprague  Dawley  rat  was  dissected  and  the  pterygopalatine  artery  ligated.  Retrograde 
cannulation  (Micro-Renathane  MRE40,  Braintree  Scientific)  of  the  right  carotid  bifurcation  was  performed  through  the  external  carotid  artery.  The 
catheter,  filled  with  saline  0.9%  with  heparin  50U/ml,  was  then  tunnelized  to  the  back  of  the  animal  and  connected  to  the  injection  system.  Oxygen 
saturation,  temperature,  and  cardiac  and  respiratory  rates  were  continuously  monitored. 


Figure  1:  Probe  for  OMRI 
imaging  at  6.5  mT:  NMR: 
276  kHz,  ESR:  141  MHz. 


Figure  2:  Dynamics  of  one  slice  from  3D  OMRI  dataset  acquired  from  a  rat  at  6.5  mT:  OMRI  (color)  magnitude  and  phase  images  (NA=1)  are  superimposed  on  ana¬ 
tomical  MRI  (grey),  acquired  in  the  OMRI  scanner  with  DNP  pulses  disabled  (NA=30).  Anatomical  imaging  time  was  ~5  min.  All  images,  voxel  size  l.lxl. 6x8  mm3, 
TE/TR=25/50  ms,  Matrix  128x35x11.  TEMPOL  (1.4  pl/gbw)  was  injected  into  the  right  ICA  over  2  minutes. 


Following  acquisition  of  two  reference  scans  (one  with  EPR  off  and  one  with  EPR  on),  1  ml  of  150  mM  TEMPOL  was  injected  over  2  min  with  an 
infusion  pump  (GenieTouch  Kent  Scientific).  OMRI  imaging  began  at  the  same  time  as  the  infusion,  and  continued  for  105  seconds  after  the  injec¬ 
tion  was  complete.  A  full  11  slice  OMRI  acquisition  was  acquired  every  9  seconds,  followed  by  a  6  second  delay.  This  was  repeated  16  times.  Total 
imaging  time  was  240  s. 


RESULTS:  The  internal  carotid  artery  is  responsible  of  the  vascularization  of  its  ipsilateral  hemi¬ 
sphere  via  its  terminal  branches.  The  Circle  of  Willis  enables  some  cross  vascularization  of  one 
hemisphere  from  the  contralateral  side.  Therefore,  one  would  expect  the  cerebral  distribution  of  a 
compound  injected  directly  into  the  ICA  to  reflect  the  ipsilateral  hemisphere  and  to  a  lesser  degree 
the  contralateral  hemisphere.  This  is  consistent  with  our  dynamic  in  vivo  OMRI  results  shown  in 
Figure  2  and  Figure  3,  where  marked  DNP  enhancement  is  seen  in  the  hemisphere  ipsilateral  to  the 
TEMPOL  injection.  As  the  Overhauser-enhanced  signal  has  phase  opposite  to  that  of  the  thermal 
signal,  the  phase  of  the  OMRI  image  in  Figure  2  provides  very  sensitive  contrast  even  in  cases 
where  the  radical  concentration  is  very  low  and  the  Overhauser  enhancement  may  be  small. 

DISCUSSION  &  CONCLUSION:  We  have  imaged  the  free  radical  TEMPOL  with  time-resolved 
OMRI  methods  in  vivo.  The  use  of  fast  bSSFP-OMRI  in  conjunction  with  an  exogenously  adminis¬ 
tered  free  radical  molecule  to  probe  redox  status  is  a  novel  approach.  As  a  method,  temporally  re¬ 
solved  OMRI  may  be  used  to  study  redox  status  of  brain  tissue  made  permeable  to  TEMPOL  from 
oxidative  stress.  We  note  here  that  the  long  clearance  times  seen  in  some  regions  of  the  brain  in 
Figure  2  may  indicate  TEMPOL  in  the  brain  parenchyma. 
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Figure  3:  Mean  OMRI  magnitude  from  two  brain 
ROIs:  ipsilateral  (red)  and  contralateral  (blue)  to  the 
TEMPOL  injection  over  the  240  s  OMRI  acquisition. 
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Cereb  Blood  Flow  Metab.  2002  22(1):  105-17  ;  (4)  Hyodo  F  et  al.  J  Pharm  Pharmacol. 2008  60(8):  1049-60  ;  (5)  Chan  PH.  Stroke.  1996  27(6):  1124-9 
;  (6)  Awasthi  D,  et  al.  Surg.  Neuro.  1997  Jun;47(6):575-81  ;  (7)  Pratico  D,  et  al  Am.  J.  Med.  2000;109(7):577-85  ;  (8)  (8)  Fischer  MT,  et  al  Brain. 
Oxford  Univ  Press;  2012;135(3):886-99  ;  (9)  Tsai  LL  et  al.  JMR,  2008  93(2):274-85. 
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As  the  premiere  modality  for  brain  imaging,  MRI  could  find  wider 
applicability  if  lightweight,  portable  systems  were  available  for  siting  in 
unconventional  locations  such  as  ICUs,  physician  offices,  ambulances, 
emergency  rooms,  sports  facilities,  or  rural  healthcare  sites. 

In  this  work,  a  small  rotating  permanent  magnet  array  with  an 
inhomogeneous  field  is  used  to  create  a  portable  2D  MRI  scanner.  The 
field  distribution  is  used  for  image  encoding  instead  of  gradient  coils.  The 
elimination  of  the  gradient  power  amplifier  allows  the  scanner  to  be  run 
from  a  standard  power  outlet.  The  previously  described  45  kg  (36cm  dia. 
35.6cm  length)  Halbach  cylinder  magnet1,2  uses  20  rungs  of  NdFeB 
magnets  (Fig.  la)  to  create  a  77.3mT  transverse  field  (3.29MHz  proton 
freq.)  with  32  KHz  variation  across  the  center  slice’s  16cm  diameter  FOV 
(Fig.  1b).  As  the  magnet  is  physically  rotated  around  the  object  using  a 
stepper  motor,  a  RARE  type  spin  echo  sequence  records  the  generalized 
projections  onto  the  nonlinear  field  pattern.  Each  spin  echo  is  acquired 
with  a  256  point  readout  and  a  20  KHz  bandwidth.  The  individual  echos 
are  averaged  to  improve  SNR. 


Figure  1:  (a)  magnet  on  high  friction 
rollers,  (b)  field  map  formed  as  a 
polynomial  fit  to  the  measured  field  probe 
points  (black  dots). 


The  approximately  quadrupolar  spatial  encoding  magnetic  field  (SEM)  is  ^"re.2;  «  “? 

non-bijective  which  causes  image  aliasing,  but  can  be  disambiguated  IS  P  an  om.  (  )  acuae  i  in  e 
using  parallel  imaging  as  described  by  Schultz  et  al.3  We  use  an  8-channel  p/ane  of  a  surface  coil  located  at  the 

receive  array  (Fig  2a)  with  8  cm  circular  loops  for  this  purpose.  The  coil  Slde  of  hfe  F0V '  arr%s  show 

sensitivity  maps  (Fig.  2b)  were  modeled  using  the  Biot-Savart  law  and  are  four  representative  orientations  of  B0. 

different  for  each  magnet  rotation  angle.  The  coil  sensitivity  maps  and  field  maps  at  each  rotation  angle  are  used  to  form 
the  encoding  matrix  of  the  system.  The  images  are  then  reconstructed  with  the  Algebraic  Reconstruction  Technique2,4. 


Figure  3  shows  experimental  images  of  a  “MIT/MGH”  phantom  (CuS04-doped  water,  1.7cm  thick,  13cm  dia.)  acquired 
with  7  coils  of  the  Rx  array,  32  averages  of  a  6  spin-echo  train  (TR  =  550  ms,  echo-spacing  =  8ms)  and  91  2°  magnet 
rotations.  Data  was  also  acquired  from  a  single  field  probe  at  each  rotation  to  track  field  drift  (due  to  temperature)  and 
used  to  improve  the  reconstruction  (Fig.  3b).  The  lengthy  acquisition  time  of  66  minutes  results  from  serially  acquiring 
from  the  8  coils  into  a  single  channel  on  the  console  and  would  be  reduced  to  7.3  minutes  with  true  parallel  acquisition. 
Figure  3c  shows  a  1cm  thick  lemon  slice  imaged  using  5  surface  coils  to  acquire  a  128  echo  train  at  181  1  °  rotations  (TR 
=  4500ms,  echo  spacing  =  8ms).  The  total  acquisition  time  was  93  minutes  (15.5  minutes  w/  parallel  Rx).  The  nonlinear 
encoding  field  results  in  non-uniform  image  resolution.  Blurring  in  the  center  (Fig.  3c)  is  due  to  the  flat  nature  of  the 

encoding  field  near  the  center  of  the  FOV. 


Figure  3:  Experimental  16  cm  FOV  images.  (a,b)  1.5cm 
thick  phantom,  (a)  Temperature  drift  not  corrected,  (b) 
temperature  drift  corrected,  (c)  1  cm  thick  lemon  slice. 


Using  an  inhomogeneous  rotating  magnet  for  spatial 
encoding  in  lieu  of  gradient  coils,  we  have  constructed  and 
demonstrated  a  lightweight  scanner  for  2D  MR  imaging  with 
minimal  power  requirements.  The  addition  of  3rd  axis 
encoding  is  an  obvious  requirement  for  medical  applications. 
A  promising  possibility  for  encoding  the  3rd  dimension  (along 
the  axis  of  rotation)  is  Transmit  Array  Spatial  Encoding 
(TRASE)6,7.  With  the  future  implementation  of  true  parallel 
imaging  and  3D  encoding,  this  scanner  has  the  potential  to 
enable  a  truly  portable,  low-cost  brain  imaging  device. 


REFERENCES:  (1)  Zimmerman  C,  ISMRM  2012.  (2)  Cooley  CZ,  ISMRM  2013.  (3)  Schultz  G,  MRM  2010.  (4)  Gordon  R, 
J  Theor  Biol  1970.  (5)  Stockmann  JP,  MRM  2013.  (6)  Sharp  JC,  MRM  2010.  (7)  Sharp  JC,  NMR  Biomed  2013. 
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Support  by  DoD/USAMRRA  W81XWH-1 1-2-0076  (DM09094)  and  NIH  P41EB015896. 
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TARGET  AUDIENCE:  MR  system  engineers  and  those  requiring  portable  MRI  systems. 
PURPOSE:  As  the  premiere  modality  for  brain  imaging,  MRI  could  find  wider  applicability  if 
lightweight,  portable  systems  were  available  for  siting  in  unconventional  locations.  However, 
realization  of  such  lightweight,  low  power  systems  will  require  non-standard  spatial  encoding 
approaches  such  as  rotating  non-linear  Spatial  Encoding  Magnetic  fields  (rSEMs).  In  this  work  we 
examine  the  spatial  variations  in  image  resolution  of  different  SEMs  for  rotating  scanners.  We 
compare  modeled  spatial  resolutions  to  acquired  images  encoded  by  a  rotating  SEM  from  a  light¬ 
weight  rotating  Halbach  magnet. 

METHODS:  A  small  rotating  permanent  magnet  Halbach  array  with  an  inhomogeneous  field  has 
been  used  to  create  a  portable  2D  MRI  scanner1,2.  The  field  distribution,  which  is  predominately 
quadrupolar  (-320  Hz/cm2),  is  used  for  image  encoding  instead  of  gradient  coils.  As  the  magnet  is 
physically  rotated  around  the  object  using  a  stepper  motor,  a  RARE  type  spin  echo  sequence 
records  the  generalized  projections  onto  the  SEM.  If  sufficient  multi-polar  terms  are  present  in  the 
SEM,  as  is  the  case  for  the  Halbach  field,  then  parallel  imaging  is  required  to  disambiguate  the 
encoding3.  We  use  a  stationary  8  channel  Rx  array  containing  8  cm  overlapping  loops  whose 
sensitivity  profiles  vary  with  magnet  rotation  (as  B0  is  rotated  relative  to  the  coils). 

Data  was  acquired  with  the  rotating  Halbach  scanner,  and  simulated  for  multiple  rotating  SEMs 
and  simulation  objects.  These  SEMs  include  the  measured  field  of  the  Halbach  magnet  with  and 
without  an  additional  linear  shim  field  (1.2mT/m),  and  a  pure  linear  SEM  with  the  same 
magnetic  field  range  of  the  Halbach  SEM  (6  mT/m).  In  order  to  evaluate  spatial  resolution,  a  line 
of  point  sources  spaced  5mm  apart  along  the  radius  of  the  16cm  circular  FOV  were  simulated. 

A  2D  Gaussian  low-pass  filter  was  used  to  smooth  the  point  sources  to  0.5mm  FWHM.  In 
addition,  images  of  single  point  sources  were  simulated  to  evaluate  the  varying  FWHM  of  - 
point  spread  functions  (PSFs)  along  the  radius.  J 

Assuming  a  20  KHz  sampling  BW,  256  point  spin  echoes  were  simulated  for  each  coil  and  ^ 
each  magnet  rotation  (181  angles  spaced  1°  apart).  The  phase  accumulation  with  time  in  each  ~ 
voxel  is  calculated  using  the  magnetic  field  map,  then  multiplied  by  the  complex  coil 
sensitivity  map  and  the  magnitude  of  the  simulated  object,  and  summed  to  form  the  net  signal. 

Data  is  reconstructed  using  the  encoding  matrix  which  contains  the  phase  information 
estimated  from  the  encoding  field,  as  well  as  the  effect  of  the  coil  sensitivities.  This  general 
encoding  model  is  solved  iteratively  using  the  Algebraic  Reconstruction  Technique  2’4. 

RESULTS:  2D  and  ID  images  of  a  line  of  Gaussian  points  simulated  from  3  rotating  SEMs 
are  shown  in  Figure  la-b.  Figure  lc  shows  variation  in  FWHM  of  simulated  point  spread 
functions  along  the  radius.  A  uniform  Rx  coil  was  assumed  for  Fig.  1  simulations  (the  aliased 
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Figure  1:  Simulated  2D  (a)  and  ID  (b)  images  of  a 
line  of  points  starting  at  center  of  FOV  using 
multiple  rotating  SEMs.  (c)  FWHM  of  the  PSF 
along  the  radius,  (x-axis  common  to  fig.  a,b,  and  c) 


Figure  2:  Simulations,  (a)  T1  -weighted  brain 
reference,  (b)  Simulated  using  Halbach  SEM. 
(c)  Simulated  with  Halbach  SEM  +  linear  field. 


portion  is  cropped).  Simulated  brain  images  using  the  8  channel  receive  array,  and  the  Halbach  SEM  or  Halbach+linear  SEM  are  shown  in  Figure  2 

(noise  levels  matched  to  experimental  data).  Figure  3  shows  experimental  images  using  the 
Halbach  SEM  of  a  “MIT/MGH”  phantom  (CuS04-doped  water,  1.7cm  thick,  13cm  dia.)  acquired 
with  7  coils  of  the  Rx  array,  32  averages  of  a  6  spin  echo  train  (TR  =  550  ms,  echo  spacing  = 
8ms)  and  912°  magnet  rotations.  Figure  4b  shows  a  1cm  thick  lemon  slice  imaged  with  5  coils,  a 
128  echo  train  (TR  =  4500ms,  echo  spacing  =  8ms),  and  1811°  magnet  rotations. 

DISCUSSION  &  CONCLUSION:  As  expected,  the  resolution  resulting  from  the  rotating  linear 
SEM  is  nearly  uniform  (Fig  1).  Multi-polar  SEMs  have  a  steep  gradient  near  the  periphery  and  a 
shallow  gradient  near  the  center.  This  translates  to  the  resulting  resolution  in  images  acquired 
with  rSEMs  with  multi-polar  components  -  higher  resolution  near  the  periphery  and  an 
“encoding  hole”  in  the  center  (Fig  1,  2b,  3b).  When  a  sufficient  linear  term  is  added  to  the  SEM, 
the  shallow  encoding  field  region  does  not  coincide  with  the  axis  of  rotation.  In  this  case,  the 
“encoding  hole”  moves  around  the  object  resulting  in  less  severe  blurring  (Fig  1,  2c).  The 
simulations  in  Figure  2  show  the  theoretical  resolution  of  the  Halbach  rSEM  scanner  when 
systematic  errors  are  eliminated.  These  errors  (effects  seen  in  the  experimental  images,  Fig.  3) 
likely  result  from  field  map  or  coil  sensitivity  profile  inaccuracies  propagating  through  the 
iterative  reconstruction6. 

REFERENCES:  (1)  Zimmerman  C,  ISMRM  2012.  (2)  Cooley  CZ,  ISMRM  2013.  (3)  Schultz  G, 
MRM  2010.  (4)  Gordon  R,  Journal  of  theoretical  biology  1970.  (6)  Stockmann  JP,  MRM  2013. 
ACKNOWLEDGMENTS:  The  authors  thank  C  Lapierre,  M  Christensen,  E  Siskind,  B  Guerin, 
and  S  Cauley.  Support  by  DoD/USAMRRA  W81XWH-1 1-2-0076  (DM09094)  and  NIH 
P41EB015896. 


Figure  3:  Experimental  16  cm  FOV  images,  (a) 
1.5cm  thick  phantom  filled  with  CuS04  doped 
water,  (b)  1  cm  thick  lemon  slice. 
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In  many  traumatic  brain  injury  situations,  time-critical  diagnostic  imaging  is  needed  to  properly  triage  and  begin  treatment. 
However,  in  some  scenarios  access  to  conventional  MRI  scanners  is  limited,  owing  in  part  to  their  siting  requirements.  A 
very  low-field  imager  could  enable  a  potentially  transportable  and  rapidly  deployable  human  imaging  system  free  from 
many  of  the  system  requirements  of  high-field  scanners.  We  previously  demonstrated  an  eight-channel  array  [1]  for  our 
6.5  mT  electromagnet  based  scanner  [2]  capable  of  imaging  objects  up  to  15.6  cm  in  diameter  and  implemented  SENSi- 
tivity  Encoding  (SENSE).  The  present  work  demonstrates  parallel  imaging  in  vivo  in  the  human  head  with  an  optimized  8- 
channel  array. 


A  tight  fitting  helmet  was  designed  and  3D  printed  in- 
house  (Fig.  1).  Eight  30-turn  receive-only  coils  (24 
AWG,  4x12  cm  and  4x14  cm  loops)  were  tiled  symmet¬ 
rically  about  the  sagittal  plane.  All  coils  were  tuned  to 
276.0  kHz  and  were  matched  to  at  least  -27  dB  and 
geometrically  decoupled  from  their  nearest  neighbors 
by  at  least  -30  dB.  Decoupling  from  next-nearest 
neighbors  was  at  least  -6  dB.  A  30  cm  diameter  sole¬ 
noid  was  used  for  transmit.  Passive  decoupling  be¬ 
tween  transmit  and  receive  was  achieved  using 
crossed  diodes  in  series  with  transmit,  and  in  parallel 
with  receive. 


Figure  1:  An  8Ch  array  designed  as  a  tight-fitting  helmet  (gray)  to  an 
anatomically-correct  CAD  model  of  the  human  head  (A),  tiling  of  8  re- 
ceive-only  coils  (B)  and  construction  on  a  3D  printed  helmet.  D)  final 
assembly  modeled  in  the  30  cm  transmit  coil. 


Axial  (Fig.  2.A)  and  sagittal  (Fig. 

2.B)  images  were  acquired  using 
a  3D  b-SSFP  sequence  with  50% 
incoherent  undersampling  of  k- 
space  at  6.5  mT  (276  kHz).  Im¬ 
aging  parameters  were: 

TR/TE  =  33.2/21 .6  ms,  acquisi¬ 
tion  matrix  =  (64x64x9),  voxel 
size  =  (3x3x6)  mm3,  number  of 
averages  (NA)  =  200,  and  flip 
angle  =  70°.  The  readout  duration 
was  7.04  ms  with  a  9091  Hz 
bandwidth.  The  total  acquisition 
time  was  30  min.  Both  figures 
reveal  recognizable  anatomic 
features  in  the  head  including  the  skull,  cortical  structures  (gyri/sulci)  and  the  corpus  callosum. 


Figure  2.  3D  b-SSFP  performed  in  vivo  in  a  human  head  in  A.  axial  and  B.  sagittal  orientation 
using  the  optimized  8-channel  helmet  array  at  6.5  mT  (276  kHz  frequency).  Magnitude 
images  are  shown.  Voxel  size  was  (3.3x4x17)  mm3.  Total  acquisition  time  was  30  min. 


We  have  demonstrated  that  an  optimized  8-channel  helmet  array  combined  with  fast  acquisition  techniques  and  under¬ 
sampling  strategies  enables  3D  imaging  at  very  low  field  in  vivo.  With  (3.3x4x17)  mm3  total  voxel  size,  we  obtain  2  times 
greater  spatial  resolution  than  very  recently  published  work  using  a  SQUID  detector  in  an  ultra-low  field  MRI  system  with  a 
80  mT  prepolarization  field  [3].  In  addition,  our  3D  dataset  (9  slices)  was  acquired  more  than  seven  times  faster  than  the 
single  slice  2D  brain  dataset  of  the  SQUID-detected  work.  Future  work  will  focus  on  improved  coil  decoupling  schemes  in 
this  very-low-field  regime  as  well  as  additional  image  acceleration  techniques  such  as  SENSE. 

Acknowledgements:  This  work  supported  by  the  Department  of  Defense,  Defense  Medical  Research  and  Development 
Program,  Applied  Research  and  Advanced  Technology  Development  Award  W81XWH-1 1-2-0076  (DM09094). 
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Tsai,  RW  Mair,  MS  Rosen,  S  Patz,  RL  Walsworth.  An  open-access,  very-low-field  MRI  system  for  posture-dependent  3He 
human  lung  imaging.  J  Magn  Reson.  193(2):  274-85  (2008).,  3.  B  Inglis,  K  Buckenmaier,  P  SanGiorgio,  AF  Pedersen,  MA 
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MRI  at  low  magnetic  fields  is  time  consuming  owing  to  small  Boltzmann  polarization  and  consequently  low  signal. 
Enhancement  techniques  such  as  Dynamic  Nuclear  Polarization  (DNP),  and  image  acceleration  techniques  like 
SENSitivity  Encoding  (SENSE)  are  compelling  tools  to  obtain  high-quality  images  in  reasonable  times.  The  present  work 
combines  DNP  with  eight-channel  parallel  imaging  at  6.5  mT. 


Previously  we  constructed  an  8-channel  receive  array1  at  276  kHz  for  our  6.5  mT  electromagnet-based  scanner2  and 
demonstrated  SENSE  reconstruction.  This  setup  is  now  equipped  to  perform  b-SSFP  based  Overhauser-MRI  (OMRI)3. 
The  8-channel  receive  array  nests  inside  a  14  cm  diameter  140  MHz  ESR  saddle  coil,  which  is  placed  inside  a  30  cm 
diameter  solenoid  for  NMR  transmit  at  276  kHz.  .  An  OMRI  image  of  a  13  cm  diameter  structured  phantom  was  acquired 
both  with-  and  without  SENSE  acceleration  (reduction  factor  R= 2).  Coil  sensitivity  profiles  were  acquired  with  the  saddle 
coil  in  position  but  without  DNP.  A  3D  balanced  Steady  State  Free  Precession  (b-SSFP)  sequence  with  full  Cartesian 
acquisition  of  /c-space  was  acquired  with  FOV=304*1 70*60  mm3,  acquisition  matrix=130x128x3,  TE/TR=25.2/50.4  ms, 
number  of  acquisitions  (NA)=35  except  for  (b)  where  NA=140. 


Figure  1  shows  the  structured  phantom  (a)  and 
images  obtained  without  DNP  or  SENSE  (b),  with 
DNP  but  not  SENSE  (c)  and  using  DNP  and 
SENSE  (d).  The  unenhanced  image  was  acquired 
in  25.5  min.  The  DNP-only  image  was  acquired  in 
11.5  min,  and  adding  SENSE  acceleration  (R= 2) 
reduced  this  time  to  5.5  minutes  at  6.5  mT. 


Phantom 


No  DNP,no  SENSE:  25.5  min  DNP,no  SENSE:  11.5  min  DNP+SENSE(R2):  5.5  min 


Figure  2  shows  the  noise  covariance  matrix  (a) 
and  the  correlation  coefficient  matrix  (b)  for  the  8- 
channel  array.  The  8  channels  are  fairly  well 
decoupled  from  each  other.  Channels  6  and  7 
show  increased  mutual  coupling — perhaps  due  to  coupling  via  the  EPR 
saddle  coil. 


Figure  1.  a)  Schematic  of  phantom.  8  Ch.  image:  with  b)  no  DNP 
and  no  acceleration  (SNReff:  3.2;  tacq=25.5  min),  c)  DNP  and  no 
acceleration  (SNReff:  75.0;  taCq=11.5  mins),  d)  DNP  and  SENSE 


acceleration  (R=2,  SNReff:  2.5;  tacq=5.5  mins).  SNReff  is  max  SNR 
normalized  by  the  square  root  of  NA.  Color  scales  are  not  identical. 

Covariance  Correlation  Coefficient 


With  DNP  alone,  the  SNR  efficiency  (SNReff)  increased  23.4  fold  while 
there  was  a  1.8  fold  reduction  in  acquisition  time.  Combining  DNP  and 
SENSE,  the  SNReff  decreased  22%  and  acquisition  time  decreased  4.6 
fold.  SNReff  is  max  SNR  in  the  sample  normalized  by  the  square  root  of 
NA. 

These  results  represent  the  first  use  of  DNP  hyperpolarization  combined 
with  SENSE  acceleration  attained  at  6.5  mT  and  represent  important 
steps  towards  accelerating  hyperpolarized  imaging  at  low  field.  Future 
work  will  improve  SENSE  reconstruction  as  well  as  compare  it  to 
incoherent  random  undersampling  strategies. 


A  B 

Figure  1.  Noise  covariance  (a)  and  correlation 
coefficient  (b)  matrices  for  an  8-channel  array 
assembled  with  NMR  transmit  and  DNP 
saddle  coils. 
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High-field  MRI  instruments  offer  limited  utility  in  field  deployable  and  portable  contexts.  Our  effort  focuses  on  the  critical 
challenges  that  must  be  solved  to  enable  deployment  of  transportable  MRI  systems.  In  recent  work  [1],  we  demonstrated 
high  performance  MRI  at  low  magnetic  field  by  making  use  of  high-efficiency  steady  state  free  precession  techniques  (b- 
SSFP)  [2]  and  undersampling  for  compressed  sensing  MRI.  Earlier  in  2013,  a  new  imaging  technique  termed  “magnetic 
resonance  fingerprinting”  (MRF)  was  proposed  [3].  Unlike  all  other  MRI  sequence  strategies,  MR  Fingerprinting  allows  the 
simultaneous  quantification  of  multiple  properties  of  a  material  or  tissue  in  a  single  acquisition.  In  the  present  work,  we 
show  the  first  implementation  of  MR  Fingerprinting  at  very  low  magnetic  field  in  a  multi-compartment  phantom. 


MRF  at  low  magnetic  field  creates  a  rapid  dynamic  series  of  low  signal  to  noise  ratio  (SNR)  images  where  the  magnitude 
of  each  voxel  of  each  image  changes  at  every  time  step.  The  TR  and  flip  angle  of  each  image  in  the  time  series  is  varied 
pseudo-randomly  [5].  No  steady  state  is  reached,  and  image  voxels  with  different  relaxation  times  evolve  differently, 
thereby  generating  unique  magnetization  trajectories.  The  time  evolution  of  each  voxel  is  simulated  offline  using  the  Bloch 
equations  with  the  TR  and  flip  angle  patterns  used  for  the  imaging  sequence  over  a  wide  range  of  tissue  parameters,  and 
a  database  (dictionary)  of  trajectories  is  generated.  The  measured  voxel  trajectory  is  compared  to  the  dictionary  and  the 
best  match  is  chosen,  identically  providing  the  T2,  and  off-resonance  frequency  value  of  that  voxel.  Lack  of  SNR  at  low 
magnetic  field  required  redesigning  our  sequence  to  lower  undersampling  rates  and  bigger  flip  angle  range.  The  resulting 
sequence  is  a  200  time  points,  50%  undersampled,  slice-selective  20  spirals  sequence.  After  an  inversion  pulse,  flip  angle 
ranges  between  30  and  107°,  TR  varies  between  46.1  ms  and  52.7  ms.  The  dictionary  was  made  of  2,751,975  signal  time 
courses,  each  with  200  time  points.  MR  total  acquisition  time  was  13  min.  The  sequence  was  set  with  voxel  size: 
3><3x10mm3,  FOV:  144x144x10mm3,  number  of  average  (NA):6.  The  low  field  MRI  scanner  was  previously  described  [6]. 


Figure  1:  Slice  selective  MRF  results  obtained  at  6.5  mT.  The  four-compartment  liquid  filled  structured  phantom  shown  schematically  in  (a).  The 
compartments  vary  in  relaxation  properties.  Each  compartment  had  Ti  and  T2  measured  in  separate  reference  experiments  (Inversion  recovery  &  T2 
CPMG  respectively).  1:  ^=1046  ms,  T2=700  ms,  2:  Ti=425  ms,  T2=418  ms,  3:  Ti=600  ms,  T2=591  ms,  4:  T1=340  ms,  T2=286  ms.  b-e  show  M0,  T<i,  T2, 


and  off-resonance  frequency,  respectively. 

Each  image  generated  in  the  reconstructed  ^ 
fingerprinting  set  (Figure  1  b-e)  reveals  different  ~ 
information.  The  spin  density  (M0)  map  of  Figure  l.a  is  J 
equivalent  to  traditional  b-SSFP,  and  no  visible  | 
difference  between  compartments  is  seen.  However,  ^ 
Figure  1.  c-d  reveals  that  compartments  1-4  have  very  - 
different  T1  and  T2  relaxation  properties.  The  MRF  § 
images  show  good  agreement  with  the  reference  ^ 
measurements.  Additionally,  a  map  of  the  magnetic 
field  homogeneity  of  the  LFI  scanner  is  also  generated 
during  the  MRF  sequence  (Figure  l.e). 


Figure  2:  The  magnetization  a  single  typical  voxel  over  the 

200  image  fingerprinting  sequence  is  shown  (blue:  data,  red:  best 
match  from  dictionary).  All  the  parameters  of  the  voxel  (M0,  Ti,  T2,  and 
off-resonance  frequency)  are  determined  once  the  trajectory  match  is 


We  have  demonstrated  MR  Fingerprinting  at  low  magnetic 

field,  which  results  in  simultaneous  measurement  of  4  quantitative  parameters,  and  thus  provides  4  different  image 
contrasts  in  a  single  acquisition  (proton  density,  T1?  T2  and  off-resonance)  in  less  than  15  minutes.  This  technique  is  of 
particular  relevance  at  low  magnetic  field  where  SNR  and  contrast  are  tied  to  long  acquisition  times.  The  combination  of 
MRF  with  low  field  MRI  scanners  has  great  potential  to  revolutionize  future  transportable  MRI  systems. 


References:  [1]  Sarracanie  M  et  al.  ISMRM  2013  #5322;  [2]  Scheffler  K  et  al.  Eur  Radiol  2003  13:2409-18;  [3]  Ma  D  et  al.  Nature  2013 
495:187-193;  [4]  Perlin  Kef  a/.  Comput  Graphics  1985  19:287-296;  [6]  Tsai  LL  et  al.  JMR2008;  193:174-85. 
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Acute  reperfusion  therapies  have  changed  ischemic  stroke  care,  but  treatments  are  limited  because  of  a  short  therapeutic 
window  owing  to  the  risk  of  reperfusion  injury  and  hemorrhage.  Detection  of  early  and  mild  BBB  disruption  is  an  unmet 
need  in  acute  stroke  diagnosis  [1]  and  although  contrast  from  relaxation-based  MRI  contrast  agents  such  as  Gd-DTPA  is 
correlated  with  hemorrhagic  transformation  of  an  infarct,  it  is  not  sensitive  enough  to  probe  more  mild  BBB  disruption  [2]. 
Overhauser-enhanced  MRI  (OMRI)  is  a  promising  technique  for  imaging  free  radicals,  and  a  recently  developed  fast  high- 

resolution  OMRI  methodology  [3]  offers  new  perspectives  for  the  imaging  of  free  radicals  in  liv¬ 
ing  organisms.  We  describe  here  a  method  to  probe  hyperacute  BBB  breakdown  following  is¬ 
chemic  stroke  using  OMRI  in  conjunction  with  an  injected  stable  free  radical. 

JULJI  TEMPOL  (4-hydroxy-TEMPO)  is  detected  by  OMRI  with  very  high  sensitivity.  In  a  normal  physi- 
ological  state,  TEMPOL  does  not  cross  the  BBB  [4].  Because  of  its  small  size  (172  Da)  howev¬ 
er,  it  may  be  able  to  cross  the  BBB  under  pathological  circumstances  associated  with  early  BBB 
opening  (e.g.  ischemia),  and  act  as  an 
OMRI-detectable  tracer.  The  use  of  TEM¬ 
POL  as  a  small,  exogenous  OMRI  agent 
would  allow  monitoring  BBB  disruption  in 
stroke  at  the  hyperacute  stage,  potentially 
much  earlier  than  the  traditional  relaxa- 


Figure  1:  Probe  for  OMRI  rat 
imaging  at  6.5  mT:  NMR@: 
276  kHz,  ESR@141  MHz. 


Figure  2:  (left)  Photo  of  TEMPOL  concentration  phantom  All 
seven  vials  have  very  similar  MRI  magnitudes.  OMRI  demon¬ 
strates  marked  image-based  free  radical  sensitivity. 


Hi  jji*' 


tion-based  MRI  contrast  agents  that  rely  on  the  leakage  of  larger 
molecules  (such  as  Gd-DTPA)  across  the  BBB. 

A  custom  built,  low-field  6.5  mT  MRI  scanner  was  used  in  these  experiments  [5].  3D  OMRI  was  performed  using  an  opti¬ 
mized  sequence  based  around  b-SSFP  as  described  in  [3].  Sensitivity  of  b-SSFP-based  OMRI  to  free  radical  concentra¬ 
tion  was  performed  using  the  NMR/ESR  coil  setup  of  [3]  using  vials  containing  TEMPOL  in  concentrations  from  50  mM-2 
mM,  and  a  control  containing  only  water.  A  rat  model  of  cerebral  ischemia/reperfusion  was  used  to  test  the  ability  of  our 
technique  to  detect  injected  TEMPOL  free  radicals  crossing  the  BBB  in  vivo.  In  vivo  experiments  were  performed  using 

with  a  single  loop  ESR  coil  inside  a  solenoid  NMR  coil  (Figure  1).  Under 
anesthesia,  MCAO  occlusion  was  performed  in  a  3  month  old  Wistar  rat 
by  insertion  of  filament  via  external  carotid  artery.  Following  75  min 
MCAO  and  60  min  reperfusion,  3.6  ^il/gbw  of  300  jiM  TEMPOL  was  in¬ 
jected  into  the  carotid  artery  after  which  the  animal  was  sacrificed  and 
OMRI  imaging  begun.  The  sensitivity  of  b-SSFP-based  OMRI  to  free 
radical  concentration  is  shown  in  Figure  2.  The  OMRI  scan  demonstrates 
marked  image-based  free  radical  sensitivity.  The  OMRI  enhancement 
image  is  computed  from  the  ratio  of  OMRI  to  MRI  magnitude.  In  vivo 
OMRI  signal  enhancement  in  the  frontal  lobe  and  eye  ipsilateral  to  the 
ischemic  site  is  clearly  visible  in  the  OMRI  images  (Figure  3)  following 
reperfusion.  The  phase  of  the  OMRI  image  in  Figure  3  provides  sensitive 
contrast  even  in  cases  where  the  radical  concentration  is  very  low  and 
the  Overhauser  enhancement  may  be  small. 

We  have  imaged  TEMPOL  at  low  concentrations  with  OMRI  methods  in 
vitro,  and  crossing  the  BBB  following  ischemia/reperfusion  in  vivo.  The 
use  of  OMRI  in  conjunction  with  the  stable  free  radical  TEMPOL  as  an 
exogenously  administered  probe  in  hyperacute  stroke  is  a  new  and 
novel  approach,  and  this  study  suggests  that  TEMPOL  may  be  a  suitable  probe  for  observing  early  BBB  breakdown  fol¬ 
lowing  reperfusion  in  rodent  l/R  models.  Additionally,  as  TEMPOL  reduction  has  been  used  as  a  functional  probe  to  study 
redox  status  in  tissue  [6],  we  hypothesize  that  temporally  resolved  OMRI  may  be  used  to  indicate  the  redox  status  of  is¬ 
chemic  tissue. 

References:  (1)  Pillai  DR,  et  al.  J  Cereb  Blood  Flow  Metab.,  2009  Aug  5;29(1 1 ):  1846-55  ;  (2)  Knight  RA  et  al  J  Cereb 
Blood  Flow  Metab.  2009;  29(5):1048-58  ;  (3)  Sarracanie  M  et  al.  MRM  2013  DOI:  10.1002/mrm.24705  ;  (4)  Behringer  W 
et  al.  J  Cereb  Blood  Flow  Metab.  2002  22(1):105-17  ;  (5)  Tsai  LL  et  al.  JMR,  2008  93(2):274-85  ;  (6)  Hyodo  F  et  al.  J 
Pharm  Pharmacol. 2008  60(8):  1049-60. 

Acknowledgements:  This  work  supported  by  the  Department  of  Defense,  Defense  Medical  Research  and  Development 
Program,  Applied  Research  and  Advanced  Technology  Development  Award  W81XWH-1 1-2-0076  (DM09094). 


Figure  3:  OMRI  magnitude  and  phase  images  acquired 
from  a  rat  at  6.5  mT  following  75  min  right  MCAO  and  60 
min  reperfusion.  Four  coronal  slices  from  10  slice  data  set 
shown.  OMRI  (NA=10)  imaging  time  was  195  seconds. 
Low-resolution  anatomical  MRI  (NA=80)  was  acquired  in 
the  OMRI  scanner  at  6.5  mT  with  DNP  pulses  disabled. 
MRI  imaging  time  was  17  min.  All  images,  voxel  size:  1.1  x 
1.6  x  8  mm3,  TE/TR:  18/36  ms,  Matrix:  128  x  35  x  10 
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High  Speed  3D  b-SSFP  at  6.5  mT 

Mathieu  Sarracanie1,2,  Brandon  D.  Armstrong1,2,  and  Matthew  S.  Rosen1,2 

department  of  Physics,  Harvard  University,  Cambridge,  MA,  United  States,  2MGH/Martinos  Center  for  Biomedical  Imaging,  Boston,  MA,  United  States 

Target  audience:  MR  physicists  and  clinicians  interested  in  performing  fast  3D  imaging  at  very-low  magnetic  field  and  on  the  design 
of  high-performance  purpose-built  MRI  systems. 

Purpose 

Without  major  innovation,  high-field  MRI  instruments  offer  limited  utility  in  field  deployable  and  portable  contexts.  Our  effort 
focuses  on  the  high-risk  and  critical  challenges  that  must  be  solved  to  enable  deployment  of  transportable  dedicated  MRI  systems. 
This  includes  the  development  of  robust  low-field  scanner  hardware  methodologies,  the  development  of  state  of  the  art  high-speed 
imaging  strategies  and  work  on  advanced  adaptive  reconstruction  methods  including  navigators  and  sparse  sampling.  With  the  goal  of 
demonstrating  a  proof-of-principle  of  a  suite  of  techniques  and  technologies  to  advise  future  development  of  a  field-deployable  device 
with  high  diagnostic  impact,  the  present  work  reports  on  the  development  of  fast  3D  imaging  at  very-low  magnetic  field  (6.5  mT) 
using  the  intrinsic  XH  NMR  signal  and  balanced  steady  state  free  precession  (b-SSFP). 

Methods 

A  very  stable  magnetic  field  is  a  critical  element  of  the  experiment  as  off-resonance  effects  can  distort  the  image  and  cause  severe 
banding  artifacts  [2].  A  custom  built,  low-field  MRI  scanner  with  a  bi-planar  6.5  mT  electromagnet  (B0)  and  bi-planar  gradients  was 
used  for  all  experiments  and  was  previously  described  [1].  The  system  was  upgraded  and  optimized  for  *H  imaging  resulting  in 
improved  B0  stability,  higher  gradient  slew  rates,  and  lower  overall  noise.  This  effort  included  the  use  of  an  improved  power  supply 
(System  854T,  Danfysik,  Taastrup,  Denmark)  for  the  electromagnet  with  ±1  ppm  stability  over  20  minutes  and  ±2  ppm  stability  over 
2  hours,  and  the  addition  of  high-current  shielded  cables  throughout  the  system.  The  scanner  operates  inside  a  double- screened 
enclosure  (ETS-Lindgren,  St.  Louis,  MO,  USA)  with  a  RF  noise  attenuation  factor  of  100  dB  from  100  kHz  to  1  GHz.  The  3D 
imaging  experiment  was  performed  with  Cartesian  acquisition  of  k- space  using  b-SSFP.  The  sequence  was  set  with  TR/TE  =  42/21 
ms,  acquisition  matrix  =  128x41x11,  voxel  size  =  2.7x2. 5x9  mm3,  number  of  averages  (NA)  =  40.  The  readout  duration  was  7.04  ms 
with  9091  Hz  bandwidth  and  total  acquisition  time  was  12.6  min  for  fully  sampled  k-space. 


Figure  1:11  slices  of  the  imaged  bell  pepper  at  6.5  mT  with  2.7x2.5x9  mm3  resolution  in  12.6  min. 


Figure  2:  3D  rendered  image  of  the  bell 
pepper  reconstructed  from  the  acquired  MRI 
dataset. 


Results 

Figure  1  shows  the  11  slices  of  a  bell  pepper  acquired  using  3D  b-SSFP  with  2.7x2. 5x9  mm3  resolution.  Figure  2  shows  a  3D  rendered 
image  of  the  reconstructed  object. 


Conclusion 

3D  imaging  across  a  10  cm  diameter  bell  pepper  with  2. 7x2. 5x9  mm3  voxel  size  was  achieved  within  13  min  at  6.5  mT.  This  result  is 
the  first  implementation  of  b-SSFP  at  very  low  magnetic  field.  The  presented  work  overcomes  the  main  limitations  of  working  at  low 
field,  which  typically  results  in  poor  SNR  and  prohibitively  long  acquisition  times,  by  using  a  custom  built  optimized  scanner  with 
stable  magnetic  field  B0  and  low  overall  noise  that  allows  implementation  of  b-SSFP  imaging.  The  use  of  undersampling  strategies 
and  compressed  sensing  reconstruction  algorithms  could  further  reduce  the  imaging  time.  We  have  recently  shown  that  an 
undersampling  rate  of  70  %  gives  unperceivable  reconstruction  errors  when  compared  with  fully  sampled  data  sets  [3].  Thus,  we 
expect  the  total  acquisition  time  for  the  presented  image  to  reach  ~6  min  and  ~3  min  with  50%  and  70%  undersampling  respectively. 
The  optimized  bi-planar  electromagnet  combined  with  fast  3D  imaging  strategies  and  sparse  sampling  has  potential  to  reach  clinical 
standards  for  patient  imaging  and  open  new  perspectives  for  a  generation  of  low-cost,  high-performance,  and  purpose-built  imagers 
practical  for  operation  in  hospitals,  battlefield  medical  facilities,  or  forward  triage  centers. 

References:  [1]  Tsai  LL  et  al.  JMR  2008;  193:  174-85  ;  [2]  Scheffler  K  et  al.  Eur  Radiol  2003;13:2409-18;  [3]  Sarracanie  M  et  al. 
MRM  2012;  submitted. 
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Parallel  Imaging  and  Acceleration  in  the  Johnson  Noise  Dominated  Regime 

Cristen  D.  LaPierre1,2,  Mathieu  Sarracanie1,2,  Lawrence  L.  Wald1,3,  and  Matthew  S.  Rosen1,2 
department  of  Radiology,  Mass  General  Hosptial,  A.A.  Martinos  Center  for  Biomedical  Imaging,  Charlestown,  MA,  United  States,  2Department  of  Physics,  Harvard 
University,  Cambridge,  MA,  United  States,  3Harvard-MIT  Division  of  Health  Sciences  and  Technology,  Cambridge,  MA,  United  States 


Target  Audience:  Those  interested  in  portable  MRI,  low  field  imaging,  SENSE  acceleration,  and  inductive  coil  and  array  construction 
at  low  magnetic  fields. 

Purpose:  Low  field  imaging  offers  a  potentially  transportable  and  rapidly  deployable  human  imaging  system.  Current  research  for  low 
field  human  imaging  is  limited  and  generally  uses  superconducting  quantum  interference  device  (SQUID)  sensors1.  At  conventional 
magnetic  field  strengths  body  noise  dominates,  resulting  in  strongly  correlated  noise  on  each  receive  coil  in  the  parallel  array.  At  low 
field,  uncorrelated  Johnson  noise  dominates,  providing  a  benefit  to  parallel  imaging  and  accelerated  imaging  using  SENSitivity 
Encoding  (SENSE).  The  aim  of  this  study  was  twofold.  First,  construct  an  eight-coil  receive  only  array  for  276  kHz.  Second,  acquire 
accelerated  images  using  SENSE. 

Methods:  NMR  parallel  imaging  at  low  frequency  is  a  new  regime;  optimal  parameters  for  inductive  receive  coils  are  unknown  from  the 
literature.  Three  design  parameters  were  identified:  diameter,  wire  gauge  and  number  of  turns.  Parameters  were  selected  using  a 
fractional  factorial  design  at  the  factor  levels  indicated  in  Table  1 .  Only  circular  coils  were  tested. 

Once  optimal  parameters  were  determined  an  8  channel  receive-only  276  kHz  ring 
array  was  constructed.  Imaging  of  13.1  cm  diameter  phantoms  filled  with  0.04% 

Gadolinium  doped  saline  (0.9%  NaCI)  was  performed  in  a  previously  described2 
custom  built  very-low  field  MRI  scanner  with  a  6.5  mT  biplanar  electromagnet  and 
biplanar  gradients  and  eight  receive  channels.  A  3D  balanced  Steady  State  Free 
Precession  (b-SSFP)  sequence  with  full  Cartesian  acquisition  of  k-space  was  applied 
over  five  20  mm  thick  slices,  with  FOV=225x160x100  mm3,  acquisition 
matrix=64x64x5,  TE/TR=12/23  ms,  number  of  averages  (NA)=150.  Image 
reconstruction  was  performed  with  a  sum-of-squares  method3. 

ID  SENSE  reconstruction  (reduction  factor  R=2)  was  simulated  on  the  middle  slice  of 
the  fully  sampled  image  using  in-house  code  previously  developed  in  our  lab.  The 
noise  covariance  matrix  and  coil  sensitivity  maps  were  estimated  from  the  data. 

Finally,  the  corresponding  experiment  (R=2)  was  performed  from  a  structured 
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Table  1.  Fractional  factorial  design  for  determing 
optimal  coil  design.  Parameters  tested  were  number 
of  turns,  size  of  wire  and  diameter  of  coil. 


Figure  1.  8  channel 
receive  only  6.5  mT 
parallel  imaging  array. 


A  B 

Figure  2.  Phantom  pattern  (A),  reconstruction  of  structured 
phantom  (NA=150,  B)  and  reconstruction  of  homogeneous 
phantom  (NA=200,  C).  Imaaes  are  masked  to  the  phantom. 


Simulated 


Actual 


phantom.  Noise  data  were  acquired  using  a  b-SSFP  sequence  with  RF  transmission  disabled  (sequence  time  =  704s).  Sensitivity  maps 
were  estimated  from  the  fully  sampled  data  set  acquired  previously  using  third-order  polynomial  smoothing.  Aliased  images  were 
unfolded  using  a  modified  version  of  the  simulation  code. 

Results:  Optimal  coil  design  parameters  were  identified  as  8  cm  diameter,  24  gage  and  30  turns.  An  8  channel 
receive  only  array  with  an  inner  diameter  of  15.6  cm  was  built  (Figure  1).  Geometric  decoupling  between 
neighbors  was  -38  dB  or  less  for  nearest  neighbors  and 
-11  dB  or  less  for  next  nearest  neighbors.  Figure  2  shows 
the  design  of  the  structured  phantom  (2a),  as  well  as  the 
reconstructed  image  of  the  structured  phantom  (2b)  and  a 
homogeneous  phantom  (2c)  acquired  with  the  8  channel 
array.  Figure  3  shows  the  noise  covariance  matrix  (3a)  and 
the  correlation  coefficient  matrix  (3b)  of  the  array.  Figure  4 
shows  the  results  of  simulated  (left)  and  actual  (right) 

SENSE  reconstructed  images. 

]  Discussion:  Due  to  low  thermal  signal,  low  field 
^  imaging  requires  signal  averaging,  increasing  scan 
A  time-  With  the  eight  channel  array,  SENSE  acceleration  can  be 
3  implemented,  reducing  scan  time  by  at  least  a  factor  of  2.  The 

negligible  noise  correlation  between  channels  benefits  this  approach. 

Conclusions:  These  results  represent  the  first  parallel  and  SENSE 
reduction  images  attained  in  the  Johnson  noise  dominated  regime. 

Development  of  parallel  imaging  and  SENSE  acceleration  are 
important  steps  toward  human  imaging  at  very-low  field.  Future  work 
will  optimize  the  sequence  to  further  improve  image  quality. 

Additional  array  designs  will  be  tested  and  SENSE  combined  with 
random  undersampling  strategies  will  be  investigated. 

Acknowledgements:  The  authors  would  like  to  thank  Jonathan 
Polimeni  for  his  guidance  on  parallel  imaging  and  Fa-Hsuan  Lin  for 
making  available  his  SENSE  reconstruction  code. 
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Figure  4.  Noise  covariance 

(A)  and  correlation  coefficient 

(B)  matrices. 


Figure  3.  Simulated  (A,B)  and  actual 
(C,D)  results  for  SENSE  reconstruction. 
Images  are  masked  to  the  phantom. 
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A  Lightweight,  Portable  MRI  Brain  Scanner  Based  on  a  Rotating  Halbach  Magnet 


Clarissa  Zimmerman  Cooley1-2,  Jason  P  Stockmann2-3,  Brandon  D  Armstrong2-3,  Matthew  S  Rosen2-3,  and  Lawrence  L  Wald2-4 


1  Electrical  Engineering,  Massachusetts  Institute  of  Technology,  Cambridge,  MA,  United  States,  2AthinoulaA.  Martinos  Center  for  Biomedical 
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PURPOSE:  We  constructed  and  tested  a  portable  permanent  magnet  based  brain  MRI  scanner  suitable  for  operation  in  an  ambulance,  battle  field, 
sports  arena,  or  at  the  patient’s  bedside.  Our  goal  is  to  allow  emergency  medical  teams  to  assess  brain  hemorrhage  from  surgical  complications, 
traumatic  brain  injury  or  stroke  to  accelerate  care  to  those  requiring  it.  The  system  eliminates  the  need  for  gradient  coils  thru  a  novel  encoding 
method  which  rotates  the  Bo  field  inhomogeneity  pattern  of  the  lightweight  permanent  magnet  creating  generalized  projections  similar  to  O-Space1  or 
PatLoc2  encoding.  We  show  experimental  2D,  proof-of  concept  images,  and  discuss  generalization  to  3D. 

METHODS:  A  45  kg  (36cm  dia.  36cm  length)  Halbach  cylinder  magnet  was  built  with  NdFeB  magnets 
(Fig.  la)3-4.  The  center  field  is  77  mT  (3.285  MHz)  with  about  1  mT  (43  kHz)  field  variation  in  the  center 
slice  FOV  of  16  cm.  The  magnet’s  encoding  field  has  a  roughly  hyperbolic  multipolar  shape  (Fig.  1b)  that 
is  physically  rotated  around  the  phantom  during  data  collection.  Because  the  encoding  field  cannot  be 
switched,  a  spin  echo  sequence  is  used  for  radiofrequency  refocusing  of  the  spins,  forming  a  projection 
of  the  phantom  at  each  rotation.  The  field  maps  are  measured  and  used  as  prior  knowledge  to  construct 
the  encoding  matrix.  Data  is  collected  on  a  TecMag  Apollo  spectrometer  with  a  250  W  Tomco  RF 
amplifier  and  the  image  is  reconstructed  using  the  iterative  algebraic  reconstruction  technique  (ART)5. 

Accurate  field  maps  at  each  rotation  are  critical  to  image  reconstruction.  A  single  row  of  8  solenoidal 
field-probes  each  holding  a  1-mm  water-filled  capillary  doped  with  copper  sulfate  (Ti=100  ms)  are  used 
to  collect  field  information  as  the  magnet  is  rotated.  The  field  measurements  are  fit  using  polynomial  basis  functions  (Fig  1b).  The  lack  of  magnet 
shielding  exposes  our  encoding  field  to  external  fields,  the  most  significant  being  the  earth’s  field  which  adds  vectorially  to  the  encoding  field.  This  is 
explicitly  corrected  for  when  calculating  the  encoding  matrix.  Other  external  fields  and  magnet  field  drift  (~-1/2G/°C)6  are  measured  using  an  MR 
field  probe  fixed  to  the  magnet  and  also  incorporated  into  the  reconstruction. 

For  proof  of  concept,  imaging  phantoms  were  made  using  two  1”  balls  of  doped  water  (Fig.  3a  and  3e).  In  one  experiment  high  SNR  was  achieved 
by  directly  winding  the  TR  coil  around  the  balls  of  water.  In  another  experiment  we  used  a  volume  Tx  coil  and  an  array  of  4x  6.5cm  dia.  loop  coils  for 
Rx.  In  both  case  short,  high  power  excitation  pulses  (125  W  for  a  40  pis  refocusing  pulse)  were  necessary  to  cover  the  bandwidth  of  the  encoding 
field. 


Figure  1:  (a)  magnet  on  high  friction  rollers, 
(b)  interpolated  field  map  in  Hz,  black  dots 
are  the  field  probe  positions 


RESULTS:  Fig.  2  shows  an  example  set  of  rotated  field  maps  and  the  corresponding  projections  from  the  phantom.  Fig.  3b  is  the  reconstructed 
image  of  the  same  phantom  using  the  Rx  single  coil.  The  data  consisted  of  128-average  spin  echoes  with  TR/TE  =  200ms/9.4ms  and  40  kHz 
readout  bandwidth.  Eighty  projection  angles  were  used.  Fig.  3c  shows  the  same  reconstructed 
phantom  imaged  using  4  surface  coils,  24  projections  angles,  256  averages,  and  TR/TE  = 

200ms/20.4ms.  Fig.  3d  shows  a  simulated  reconstruction  with  the  same  parameters  as  Fig.  3c. 

Fig.  3f  and  3g  show  the  experimental  and  simulated  single  coil  image  from  the  phantom  in  Fig. 

3e  (w/  128  averages  of  35  projection  angles).  Unlike  the  first  phantom,  there  is  a  ball  in  the 
center  of  the  encoding  field. 

DISCUSSION:  Blurring  throughout  the  image  is  greatly  improved  by  the  external  field  and 
temperature  drift  corrections,  but  some  obvious  artifacts  remain.  In  Fig.  2b,  the  balls  are 
located  in  the  top  half  of  the  phantom,  but  we  clearly  see  aliasing  in  the  reconstructed  images. 

This  is  expected  because  of  the  non-bijectivity  of  the  encoding  field1.  The  problem  is  resolved 
in  Fig.  2c-d,  in  which  the  coil  sensitivities  from  a  4  channel  coil  array  are  used  to  remove  the 
ambiguity  between  frequency-matched  isocontours  in  different  quadrants.  Blurring  in  the 
center  is  seen  in  Fig.  3f-g.  Similar  to  Patloc  imaging,  the  resolution  of  the  images  is  lowest  in 
the  center  because  of  the  low  field  variation  in  that  area.  We  propose  shifting  the  encoding 
field  off-center  from  the  rotation  axis  (using  shims)  to  address  this,  similar  to  O-Space 
imaging2. 

CONCLUSION:  These  initial  images  and  simulations  are  a  2D  proof  of  concept  for  imaging  in 
a  rotating  inhomogeneous  field  without  additional  gradient  coils.  Reconstruction  would  be 
simpler  if  the  magnet  was  RF  shielded  and  if  the  temperature  was  painstakingly  regulated. 


Figure  2:  Six  representative  encoding  field  rotations  and 
experimental  projections  of  phantom  on  left.  (1  coil,  128 
averages,  SNR  ~  30).  Arrow  is  Bo  direction. 


However,  this  would  limit  portability  of  the  system,  and  we  have  shown  that  these 
inconveniences  can  be  mitigated  by  careful  field  calibration  before  imaging  and  field  drift 
monitoring  during  imaging.  Future  work  will  include  the  use  of  Transmit  Array  Spatial 
Encoding  (TRASE)7  for  slice  localization  in  the  longitudinal  direction  to  enable  3D  imaging. 
REFERENCES:  (1)  Schultz  G,  IEEE  Trans  Med  Imag  2011.  (2)  Stockmann,  MRM  2010.  (3) 
Zimmerman  C  ISMRM  2012.  (4)  Halbach  K,  Nucl  Instr  Meth  1980.  (5)  Herman  G,  Comp.  Biol. 
Med.  1976.  (6)  Campbell  P,  Permanent  Magnet  Materials  &  their  Application,  1994.  (7)  Sharp 
J,  MRM  2010.  ACKNOWLEDGMENTS:  The  authors  thank  C  Lapierre,  M  Sarracanie,  J  Blau, 
and  E  Siskind  for  their  help.  Support  by  DoD/USAMRRA  W81XWH-1 1-2-0076  (DM09094). 


Figure  3:  (a)  ground  truth  phantom  1 ,  (b)  80  projections  of 
phantom  1  using  one  solenoid  receive  coil  (c)  24 
projections  of  phantom  1  using  4  receive  coils,  (d) 
simulated  version  of  Fig.  3c,  (e)  ground  truth  phantom  2, 

(f)  35  projections  of  phantom  2  using  one  coil,  (g) 
simulated  version  of  Fig.  3f.  Field  of  view  is  16  cm  in  all 
images. 
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Flexible  spatial  encoding  strategies  using  rotating  multipolar  fields  for  unconventional  MRI  applications 


J.  P.  Stockmann 
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Massachusetts  General  Hospital,  Charlestown,  MA 
2 Department  of  Physics,  Harvard  University,  Cambridge,  MA 
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PURPOSE:  Our  goal  is  to  perform  flexible  MR  imaging  with  rotating  nonlinear  spatial  encoding 
magnetic  (SEM)  fields,  removing  constraints  on  hardware  design,  and  reducing  the  cost, 
complexity,  and  weight  of  imaging  systems.  By  shifting  the  burden  away  from  hardware 
performance  and  toward  computer  power  in  the  form  of  generalized  reconstruction 
algorithms,  we  open  the  door  to  unconventional  MR  imaging  systems  for  applications  where 
spatially-varying  resolution  can  be  tolerated.  Several  encoding  strategies  using  quadratic  and 
nonlinear  SEMs  have  recently  been  proposed  as  a  way  to  accelerate  parallel  imaging  and 
reduce  peripheral  nerve  stimulation  during  field  switching  [1-3].  Common  to  all  higher-order 
encoding  methods  is  the  problem  of  aliasing  due  to  redundant  frequency  contours  (causing  a 
non-bijective  mapping),  which  can  be  resolved  using  additional  spatial  encoding  from  local  RF 
receive  coils.  Another  issue  is  the  flatness  of  higher-order  SEMs  at  the  center  of  the  FOV, 
where  encoding  can  only  be  achieved  through  the  addition  of  linear  SEMs.  The  present  work 
builds  on  these  approaches  by  assessing  the  encoding  of  a  rotating  SEM  (wrt  the  object),  with 
and  without  parallel  imaging  and  a  spatial  offset  between  the  axis  of  rotation  and  the  axis  of 
field  symmetry,  breaking  the  symmetry  of  the  SEM  within  the  FOV. 

METHODS:  We  simulate  imaging  performance  with  a  nonlinear  SEM  comprised  primarily  of 
second-order  spherical  harmonics  with  some  additional  higher-order  terms  (Fig.  1).  To  break 
the  symmetry  of  the  field  by  shifting  it  off-center,  we  also  simulate  the  SEM  with  the  addition 
of  a  linear  field  component  (2000  Hz/cm  or  3000  Hz/cm).  We  further  simulate  the  use  of 
multi-channel  RF  receive  coils  to  remove  aliasing.  Approximate  RF  coil  sensitivities  for  an  8- 
channel  loop  array  are  calculated  using  the  Biot-Savart  law  (Fig.  2).  Field  maps  of  the  SEM  at 
each  rotation  angle  as  well  as  the  coil  sensitivities  are  used  to  build  the  encoding  matrix.  A 
GRE  transverse  brain  slice  acquired  on  a  3T  scanner  is  used  to  generate  the  simulated  data. 
The  simulated  readout  duration  is  7  ms  with  a  36  kHz  bandwidth  (Nyquist  sampled). 
Reconstruction  is  performed  using  the  algebraic  reconstruction  technique  (ART)  [4],  which 
cycles  through  the  encoding  matrix  one  row  at  a  time,  back-projecting  the  data  point 
corresponding  to  each  row  (Fig.  3).  The  algorithm  iterates  until  convergence  is  achieved. 
RESULTS:  The  spatially-varying  resolution  of  the  two  SEMs  can  be  visualized  by  looking  at 
overlaid  frequency  isocontours  of  each  SEM  as  it  is  rotated  over  the  range  of  encoding  angles 
(Fig.  4).  Even  with  the  non-ideal  encoding  fields  used  here,  much  of  the  detail  in  the  object  is 
retained  in  the  reconstructions  (Fig.  5).  As  expected,  a  linear  offset  SEM  recovers  resolution, 
though  some  detail  is  still  lost  at  the  center.  Surface  coils  are  effective  in 
reducing  aliasing  artifacts  and  also  in  improving  resolution,  particularly 
when  no  field  offset  is  used. 

DISCUSSION:  All  SEMs  can  be  approximated  with  linear  combinations  of 
spherical  harmonics.  The  geometric  similarity  of  a  multipolar  harmonic 
implies  that  unique  projections  of  the  object  can  be  obtained  using  only  a 
limited  range  of  rotation  angles  [1].  For  SEMs  without  a  significant  linear 
term,  the  range  of  rotation  angles  is  180°/N,  where  N  is  the  order  of  the 
dominant  SEM.  For  the  multipolar  SEM  case  considered  here,  the  dominant 
components  are  the  second-order  harmonics  XY  and  X2-/2,  hence  the  SEM  is 
rotated  over  90°.  However,  when  the  multipolar  symmetry  of  the  field  is 
broken  by  the  addition  of  a  linear  term,  unique  projections  of  the  object  can 
be  acquired  over  360°,  similar  to  O-Space  imaging.  The  linear  term  shifts  the  symmetry  point 
away  from  the  rotation  axis,  improving  image  resolution  near  the  center  of  the  FOV,  as  shown 
in  Fig.  5. 

CONCLUSION:  Flexible  reconstruction  methods  relax  the  need  for  a  homogenous  B0  field  and 
linear  gradient  fields,  as  illustrated  here  using  a  single  rotated  multipolar  SEM.  This  permits 
unconventional  encoding  strategies  and  MR  imaging  systems  in  applications  that  do  not 
require  isotropic  resolution.  Performance  gains  are  achieved  by  breaking  the  symmetry  of 
SEMs  using  multiple  receive  coils  and/or  a  linear  field  offset.  Future  work  will  generalize  the 
approach  to  three  dimensions,  possibly  through  curvilinear  slice  selection  [5].  A  total 
generalized  variation  prior  [6]  will  also  be  used  to  help  suppress  streaking  artifacts  for  highly 


Fig.  1  Example  SEM  field  dominated  by  second-order 
terms  (left).  In  order  to  provide  spatial  encoding  at 
the  center  of  the  FOV,  the  SEM  is  offset  using  a  linear 
component  (a  2000  Hz/cm  offset  is  shown  here). 


Fig.  2  Encircling  array  of  8 
RF  receive  coils  used  to 
remove  aliasing  caused 
by  the  non-bijectivity  of 
the  multipolar  SEM. 

Fig.  3  ART  backprojects 
the  /„th  row  of  encoding 
matrix  E  weighted  so  as 
to  achieve  consistency 
between  data  vector  s 
and  image  m.  The  rate 
of  convergence  is 
controlled  by  A. 
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Fig.  4  Spatially-varying  resolution  illustrated 
qualitatively  by  the  density  of  overlapping 
frequency  isocontours  from  16  rotations  of  the 
SEMs  in  Fig.  1.  Isocontours  are  plotted  with  1  kHz 
separation.  The  symmetric  SEM  (left)  rotates  over 
90°  while  the  offset  SEM  rotates  over  360°  and 
provides  smaller  voxel  sizes  in  the  center. 


Fig.  5  Simulated  256x256  reconstructions  of 
reference  brain  image  (a)  encoded  using  128 
projections  by  SEMs  with  no  offset  (a),  2000 
Hz/cm  offset  (b),  and  3000  Hz/cm  (c)  with  no  coil 
encoding.  The  offset  removes  most  of  the  aliasing 
associated  with  the  symmetry  of  the  multipolar 
SEM  and  also  recovers  some  resolution  near  the 
center.  The  addition  of  8  receive  coils  for  each 
case  (e-g)  improves  resolution  and  removes 
aliasing,  though  resolution  remains  better  near 
the  periphery.  FOV  is  28  cm. 


undersampled  data.  REFERENCES:  [1]  Schultz  G,  TMI  2011.  [2]  Stockmann  JP,  MRM  2010.  [3] 

Gallichan  D,  MRM  2011.  [4]  Kaczmarz  S,  Bull.  Acad.  Polon.  Sci.  Lett.  A,  1937.  [5]  Weber,  MRM  2012.  [6]  Knoll  F,  MRM  2012.  ACKNOWLEDGEMENTS: 
Grant  support  DoD/USAMRRA  W81XWH-11-2-0076  (DM09094). 
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Purpose 

Free  radical  imaging  has  been  used  to  investigate  physiological  processes  such  as  p02  mapping  and  to  monitor  the 
distribution  and  metabolism  of  free  radicals  in  organs  under  oxidative  stress.  We  present  a  new  pulse  sequence  for  rapid 
3D  imaging  of  free  radicals  using  Overhauser-enhanced  MRI  (OMRI).  In  contrast  to  other  OMRI  methods  that  use  a  time 
consuming  pre-polarization  Overhauser  irradiation  step,  the  sequence  presented  here  embeds  the  EPR  pulses  into  the 
phase  encode  step  of  a  balanced  steady  state  free  precession  sequence  (b-SSFP),  greatly  reducing  the  acquisition  time.  A 
further  increase  in  temporal  resolution  is  gained  by  undersampling  of  k-space  and  using  compressed  sensing 
reconstruction.  This  new  OMRI  sequence  enables  both  improved  spatial  and  temporal  resolution  of  free  radical 
distribution  than  other  techniques.  TR 


Methods 

Experiments  were  performed  in  a  custom  built,  6.5  mT,  bi-planar 
electromagnet  with  bi-planar  gradients.  A  7  cm  OD,  13  cm  long 
Alderman-Grant  coil  was  used  to  saturate  the  140.8  MHz  electron  spin 
resonance  of  the  nitroxide  radical  4-hydroxy-TEMPO.  The  EPR  coil 
was  placed  inside  a  10  cm  OD,  16  cm  long  solenoid  coil  for  lH  NMR 
excitation  and  detection.  The  EPR  irradiation  pulses  were  embedded 
into  the  phase  encode  and  rewind  steps  of  a  fully  balanced  SSFP 
sequence  as  shown  in  Figure  1.  3D  printed  polycarbonate  pieces  5.4  cm 
in  diameter  were  used  as  a  phantom  (Figure  2a)  with  2.5  mM  TEMPO 
solution  in  water.  Pieces  were  designed  to  evaluate  the  ability  to  resolve 
small  feature  in  3  dimensions.  Image  parameters  were:  matrix  = 
256x64x32,  voxel  size  =  1x1x3. 5mm,  TR/TE  =  54/27  ms,  a  =  90°,  70% 
undersampling  rate,  acquisition  time  =  65  s. 


TE 


prep,  pulse 
:  -a/2 

rf  NMR  L.I... 

(276  KHz)  : 

rf  FPR  J . 

±a 

rX . 

1 - 1 

r~m 

(140  MHz) 

Signal 

G  „  . 

1  \ . 

read 

\ _ / 

\ _ i 

G 

. i=A 

phase  2D 

^phase3D 

m . 

. m 

Figure  1.  The  3D  b-SSFP  sequence  with 
embedded  EPR  pulses. 


Results 

Figure  2a)  shows  two  segments  of  our  phantom  with  the  corresponding  images  in 
Figure  2b).  The  under-sampled  data  accurately  reproduces  the  object,  including  the  1 
mm  diameter  holes  and  1  mm  spacer.  To  confirm  that  this  new  sequence  with 
imbedded  EPR  pulses  is  still  a  steady-state  sequence,  the  sequence  was  run  with  only 
the  read  gradient  while  the  echo  amplitude  was  measured.  After  an  initial  buildup  of 
polarization  due  to  T1?  the  signal  reaches  a  steady-state  amplitude  that  is  ~  30X  larger 
than  without  embedded  EPR  pulses. 

Conclusion 

Embedding  electron  spin  saturation  into  the  phase  encode  step  allows  the  use  of  a 
traditional  b-SSFP  sequence  with  no  additional  timings  added.  This  is  the  first  source 
of  acceleration  compared  to  traditional  OMRI  sequences  that  have  a  pre-polarization 
step  of  order  before  acquiring  several  lines  of  k-space.  Further,  for  the  phantom 
imaged  here,  only  30%  of  k-space  is  was  necessary  to  faithfully  reproduce  the  image, 
reducing  the  acquisition  time  by  a  factor  of  3.  This  technique  will  improve  our  ability 
to  monitor  physiological  processes  involving  free  radicals  as  the  distribution  of 
radicals  can  be  tracked  with  greater  spatial  and  temporal  resolution.  Acknowledgement:  Funded  by  DoD,  Defense  Medical 
Research  and  Development  Program,  Applied  and  Advanced  Technology  Development  Award  W81XWH- 11-2-0076  (DM09094). 


Figure  2.  2  slices  from  an  OMRI 
image  at  6.5  mT  with  1x1x3. 5 
mm  resolution  over  a  200  cm3 
sample  in  65  s.  Phantom  is  5.4  cm 
in  diameter. 
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High  Speed  3D  Overhauser-Enhanced  MRI  Using 
Combined  b-SSFP  and  Compressed  Sensing 

Mathieu  Sarracanie,1,2  Brandon  D.  Armstrong,1,2  Jason  Stockmann,1,2  and 
Matthew  S.  Rosen1,2,3* 


Purpose:  Overhauser-enhanced  MRI  is  a  promising  technique 
for  imaging  the  distribution  and  dynamics  of  free  radicals.  A 
key  challenge  for  Overhauser-enhanced  MRI  is  attaining  high 
spatial  and  temporal  resolution  while  simultaneously  limiting 
resonator  and  sample  heating  due  to  the  long,  high  power  ra¬ 
dio-frequency  pulses  needed  to  saturate  the  electron 
resonance. 

Methods:  The  approach  presented  here  embeds  EPR  pulses 
within  a  balanced  steady  state  free  precession  sequence. 
Unlike  other  Overhauser-enhanced  MRI  methods,  no  separate 
Overhauser  prepolarization  step  is  required.  This  steady-state 
approach  also  eliminates  the  problem  of  time-varying  Over¬ 
hauser-enhanced  signal  and  provides  constant  polarization  in 
the  sample  during  the  acquisition.  A  further  increase  in  tempo¬ 
ral  resolution  was  achieved  by  incorporating  undersampled 
k-space  strategies  and  compressed  sensing  reconstruction. 
Results:  We  demonstrate  1  x  2  x  3.5  mm3  resolution  at 
6.5  mT  across  a  54  x  54  x  110  mm3  sample  in  33  s  while 
sampling  30%  of  k-space. 

Conclusion:  The  work  presented  here  overcomes  the  main  lim¬ 
itations  of  Overhauser  enhanced  MRI  as  previously  described 
in  the  literature,  drastically  improving  speed  and  resolution,  and 
enabling  new  opportunities  for  the  measurement  of  free  radicals 
in  living  organisms,  and  for  the  study  of  dynamic  processes 
such  as  metabolism  and  flow.  Magn  Reson  Med  71:735-745, 
2014.  ©  2013  Wiley  Periodicals,  Inc. 

Key  words:  3D  Overhauser  MRI;  free  radicals;  EPR;  b-SSFP; 
compressed  sensing 


Imaging  of  free  radicals  has  been  used  to  investigate  a 
number  of  important  physiological  processes  such  as  the 
mapping  of  p02  (1-3),  free  radical  distribution  and  me¬ 
tabolism  (4-7),  molecular  imaging  (8),  and  to  monitor 
changes  in  local  viscosity  (9,10).  Magnetic  resonance 
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imaging  (MRI)  is  a  powerful  and  noninvasive  tool  that 
provides  excellent  anatomical  detail.  However,  MRI  is 
sensitive  to  nuclear  spins  (typically  aH  of  water)  and 
cannot  alone  reveal  spatial  information  about  the  distri¬ 
bution  of  free  radical  species.  EPR  imaging  (11-17) 
reveals  the  spatial  distribution  of  unpaired  electron 
spins,  but  requires  a  separate  reference  MRI  to  determine 
where  the  free  radicals  are  located  within  the  sample. 
While  EPR  imaging  is  a  sensitive  technique,  images  have 
poor  resolution  due  to  broad  EPR  lines,  and  are  usually 
time-inefficient  due  to  the  usual  CW  acquisition  strategy. 
Overhauser-enhanced  MRI  (18-23;  OMRI,  also  known  as 
proton-electron  double  resonance  imaging)  exploits  the 
dipolar  coupling  between  the  unpaired  electron  of  the 
free  radical  and  the  aH  nuclei  of  water  to  increase  nu¬ 
clear  magnetization  via  dynamic  nuclear  polarization 
(DNP)  and  subsequently  images  the  enhanced  nuclear  spin 
polarization  with  MRI.  OMRI  provides  an  excellent  way  to 
image  free  radical  species  as  narrow  NMR  line  widths  ena¬ 
ble  imaging  using  reasonable-strength  encoding  gradients. 
OMRI  also  benefits  from  the  ability  to  use  traditional  MRI 
sequences,  though  specialized  hardware  is  needed  to  drive 
the  electron  spin  resonance,  and  the  sequences  must  be 
modified  to  allow  for  EPR  saturation  pulses. 

A  difficulty  of  OMRI  is  the  need  for  high  power  radio¬ 
frequency  (RF)  to  saturate  the  electron  spins.  Addition¬ 
ally,  as  EPR  frequencies  are  two  orders  of  magnitude 
higher  than  aH  frequencies,  a  high  frequency  resonator  is 
required,  and  this  leads  to  high  specific  absorption  rate 
(SAR)  and  limited  penetration  depth.  For  these  reasons, 
OMRI  is  usually  performed  at  a  low-  to  intermediate 
magnetic  field  (5,22,24)  or  in  a  field-cycled  setup  (4,25). 
A  typical  field-cycled  OMRI  experiment  begins  at  very 
low  magnetic  field  (~5  mT)  where  EPR  irradiation  is 
applied  for  approximately  the  nuclear  T1  of  the  sample 
at  the  irradiation  magnetic  field.  The  magnetic  field  is 
then  quickly  ramped  up  to  the  imaging  field  and  a  line 
or  plane  of  k-space  data  is  acquired.  The  magnetic  field 
is  then  ramped  down  for  EPR  irradiation  and  repolariza¬ 
tion  because  the  DNP  signal  decays  with  the  aH  nuclear 
7\.  Field-cycled  OMRI  helps  to  overcome  both  the  hard¬ 
ware  and  penetration  depth  challenges  by  reducing  the 
EPR  frequency,  but  these  experiments  are  much  slower 
and  more  complex  than  traditional  MRI  due  to  the  need 
to  refresh  the  DNP-enhanced  signal  many  times  over  the 
acquisition  time. 

We  present  here  a  new  method  for  3D  OMRI  based  on 
b-SSFP  at  a  constant  field  of  6.5  mT  that  provides  up  to 
7-fold  acceleration  compared  to  the  fastest  OMRI 
sequence  reported  in  the  literature  (24).  We  further 
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maintain  the  high  acquisition  efficiency  of  b-SSFP  by 
applying  the  Overhauser  saturation  pulses  during  the 
phase  encode  step,  eliminating  the  time-consuming  pre¬ 
irradiation  step  done  in  all  previously  reported  OMRI. 
Additionally,  we  add  undersampling  strategies  and  com¬ 
pressed  sensing  (CS)  techniques  to  increase  the  temporal 
resolution  while  also  reducing  the  total  number  of  EPR 
RF  pulses.  We  obtain  1  x  2  x  3.5  mm3  resolution  on  a 
54  x  54  x  110  mm3  sample  in  33  s.  We  show  that  a 
steady-state  signal  is  still  achieved  with  this  new  OMRI 
b-SSFP  sequence,  and  that  simulations  with  no  free  pa¬ 
rameters  agree  very  well  with  the  experimental  results. 

METHODS 

OMRI  Setup 

A  custom  built,  low-field  MRI  scanner  with  a  biplanar 
6.5  mT  electromagnet  ( B0 )  and  biplanar  gradients  was 
used  for  all  experiments  and  was  previously  described 
(26)  (Fig.  la).  The  system  was  upgraded  and  optimized 
for  aH  imaging  for  this  work  resulting  in  improved  B0 
stability,  higher  gradient  slew  rates,  and  lower  overall 
noise.  This  effort  included  the  use  of  an  improved  power 
supply  (System  854T,  Danfysik,  Taastrup,  Denmark)  for 
the  electromagnet  with  ±1  ppm  stability  over  20  min 
and  ±2  ppm  stability  over  8  h,  and  the  addition  of  high- 
current  shielded  cables  throughout  the  system.  The 


scanner  operates  inside  a  double-screened  enclosure 
(ETS-Lindgren,  St.  Eouis,  MO)  with  a  RF  noise  attenua¬ 
tion  factor  of  100  dB  from  100  kHz  to  1  GHz. 

The  transfer  of  electron  spin  polarization  to  dipolar  or 
scalar  coupled  nuclear  spins  via  the  Overhauser  effect 
requires  high  power  irradiation  of  the  electron  spin  reso¬ 
nance  (27,28).  A  7  cm  OD,  13  cm  long  Alderman-Grant 
coil  (29,30;  Fig.  lb)  with  guard  rings  to  reduce  sample 
heating  was  used  to  saturate  the  electron  spin  resonance 
of  the  nitroxide  radical  4-hydroxy  TEMPO  (Sigma- 
Aldrich,  St.  Eouis,  MO).  The  electron  spin  resonance  is 
split  into  three  transitions  by  the  hyperfine  coupling  of 
the  spin  1  14N  nucleus  (at  6.5  mT,  there  still  exist  other 
transitions  described  by  the  Breit-Rabi  equations  but 
their  transition  probabilities  are  small  and  ignored  here; 
31).  As  SAR  scales  with  go2  (32-36)  the  EPR  coil  was 
tuned  to  the  low  energy  transition  of  140.8  MHz  to  mini¬ 
mize  SAR.  The  EPR  coil  was  placed  inside  a  10  cm  OD, 
16  cm  long  solenoid  coil  used  for  NMR  excitation  and 
detection  at  276  kHz  (Fig.  lc).  The  coils  were  oriented 
such  that  their  B1  fields  were  perpendicular  to  each 
other  and  to  B0.  Placing  the  NMR  coil  outside  the  ESR 
coil  sacrifices  NMR  filling  factor  to  gain  larger  B1  for 
electron  spin  saturation  as  our  DNP  signal  enhancement 
(defined  as  <IZ  >  /I0  where  J0  is  the  thermal  equilibrium 
NMR  signal  and  <IZ  >  is  the  DNP  signal)  is  limited  by 
the  available  RF  power. 


FIG.  1.  OMRI  setup.  Photographs  of  (a)  the  custom  built  6.5  mT  MR  scanner  with  bi-planar  electromagnet  and  gradient  set  inside  the 
shielded  room,  (b)  the  EPR  (141  MHz),  and  (c)  NMR  (276  kHz)  coils  used  for  the  OMRI  experiments. 
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FIG.  2.  Photograph  of  (al)  the  assembled  OMRI  phantom,  (a2)  a 
10  mm  thick  internal  piece,  and  (a3)  a  stack  of  internal  pieces. 
Shown  in  (b-h)  are  individual  pieces  of  the  phantom  in  configuration 
1  (f-h)  and  configuration  2  (b-e).  A  top  view  of  the  stacked  pieces 
for  the  phantom  in  configuration  1  as  described  in  the  text  is  shown 
in  (i).  [Color  figure  can  be  viewed  in  the  online  issue,  which  is  avail¬ 
able  at  wileyonlinelibrary.com.] 

A  Redstone  NMR  console  (Tecmag,  Houston,  TX)  was 
used  for  data  acquisition  and  controlled  the  gradients 
and  RF  channels.  The  console  has  two  transmit  channels 
allowing  for  both  NMR  and  EPR  irradiation.  A  100  W, 
CW  amplifier  (BTOOlOO-DeltaB-CW)  was  used  for  EPR 
saturation  and  a  500  W  pulsed  amplifier  (BT00500- 
AlphaS)  was  used  for  NMR  (from  both  Tomco  Technolo¬ 
gies,  Stepney,  Australia). 

Phantom  Design 

A  configurable  imaging  phantom  was  built  for  these 
experiments.  Various  pieces  designed  to  demonstrate  re¬ 
solution  in  three  dimensions  and  test  the  ability  to 
resolve  sharp  edges  in  under-sampled  k-space  were  3D 
printed  in  polycarbonate  on  a  Fortus  360  me  (StrataSys, 
Eden  Prairie,  MN).  The  3D  printed  pieces  were  stacked 
inside  a  5.5  cm  ID,  13  cm  long  machined  polycarbonate 
cylinder.  The  advantage  of  this  phantom  is  the  flexibility 
to  design  and  3D  print  any  desired  structure  for  a  partic¬ 
ular  experiment.  The  cylinder  was  then  filled  with  250 
mL  of  2.5  mM  4-hydroxy  TEMPO  solution  in  water,  and 
a  leak-tight  polycarbonate  cap  inserted.  The  assembled 
phantom  and  individual  pieces  are  shown  in  Figure  2. 
Imaging  experiments  were  performed  in  two  different 
phantom  stacking  configurations.  The  first  stacked  geom¬ 
etry  consists  of  two  interlocking  sets  of  a  trio  of  step- 
wise-smooth  cones  and  was  used  to  evaluate  the  3D 
character  of  the  sequence  and  the  minimum  structure 
sizes  that  can  be  resolved  for  round-shaped  objects  (Fig. 
2f-i).  The  second  configuration  used  more  complex 
structures  with  finer  details  to  assess  the  sequence  per¬ 
formance,  ability  to  resolve  small  in-plane  structures, 
and  the  results  of  undersampling  on  sharp  edges  (Fig. 
2b-e).  Fiber  optic  temperature  probes  (Luxtron, 
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FIG.  3.  Diagram  of  the  3D  b-SSFP  sequence  with  embedded 
EPR  pulses  (rf  EPR).  N  is  the  total  number  of  TRs  in  the  sequence. 


LumaSense  Technologies,  Santa  Clara,  CA)  were  placed 
inside  the  phantom  and  near  a  ring  capacitor  on  the  EPR 
coil  during  tests  of  the  imaging  sequence  to  monitor  sam¬ 
ple  and  coil  temperatures. 


3D  Balanced  SSFP  with  DNP 

The  pulse  sequence  used  is  shown  in  Figure  3.  It  is  im¬ 
portant  to  note  that  there  is  no  separate  EPR  saturation 
step  unlike  all  OMRI  sequences  reported  in  the  litera¬ 
ture.  The  sequence  is  a  b-SSFP  sequence  with  the  addi¬ 
tion  of  EPR  (Overhauser)  irradiation  during  the  balanced 
phase  encode  gradients.  The  b-SSFP  excitation  train  con¬ 
sists  of  an  initial  —a/2  preparation  pulse  immediately 
followed  by  a  train  of  alternating  ±a  excitation  pulses  as 
previously  described  by  Sheffler  and  Lehnhardt  (37). 
The  ±a  pulses  are  separated  by  TR  and  the  time  interval 
between  the  —a/2  preparation  pulse  and  the  first  a  pulse 
was  set  to  2  p,s.  The  main  benefit  of  using  a  preparation 
pulse  is  that  it  prevents  large  fluctuations  of  the  pre¬ 
steady  state  signal  that  would  produce  image  artifacts 
and  thus  could  not  be  used  for  signal  acquisition  (37).  In 
b-SSFP,  the  optimal  flip  angle  a  is  given  by  cos  (a)  = 
(37).  T1  and  T2  in  our  phantom  were  measured  to 
be  545  ms  and  488  ms,  respectively,  which  leads  to  an 
optimal  flip  angle  of  a~90°. 

Bloch  simulations  were  performed  for  a  sequence 
without  phase  gradients  (i.e. ,  at  the  center  of  k-space), 
both  with-  and  without  EPR  irradiation  to  model  the 
buildup  and  time  course  of  transverse  magnetization  as 
well  as  the  signal  enhancement  provided  by  DNP.  The 
simulations  were  run  in  MATLAB  (MathWorks,  Natick, 
MA)  using  code  written  in-house.  Input  parameters  to 
the  simulations  were  the  measured  T1  and  T2  relaxation 
times,  the  measured  enhancement  provided  by  DNP  with 
a  1.5  s  EPR  pulse  (~3  x  Ta)  in  a  ID  spectroscopy 
experiment  (—44.5  fold  enhancement),  TR/TE  =  54/27  ms 
and  a  =  90°.  This  negative  enhancement  results  from 
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Overhauser  DNP  pumping  into  the  opposite  spin  nuclear 
ground  state  compared  with  the  Boltzmann  case.  This 
sign  is  important  for  the  simulations.  OMRI  experiments 
with  these  parameters,  a  total  bandwidth  BW  =  9091  Hz, 
and  a  71  Hz  bandwidth  per  pixel,  were  run  and  com¬ 
pared  with  the  simulations. 

The  3D  imaging  experiment  was  performed  initially 
with  full  Cartesian  acquisition  of  k-space.  The  sequence 
was  set  with  TR/TE  =  54/27  ms,  a  256  x  64  x  112  mm3 
field  of  view,  and  acquisition  matrix  of  128  x  64  x  32, 
resulting  in  a  2  x  1  x  3.5  mm3  voxel  size.  The  balanced 
phase  gradient  durations  were  both  set  to  20  ms  to  reach 
the  desired  in-plane  spatial  resolution  when  the  gradient 
amplifiers  were  at  maximum  power.  The  readout  dura¬ 
tion  was  14  ms  with  9091  Hz  bandwidth  and  total  acqui¬ 
sition  time  was  114  s  for  fully  sampled  k-space.  Critical 
to  the  success  of  these  experiments  is  a  very  stable  mag¬ 
netic  field  as  off-resonance  effects  can  distort  the  image 
and  cause  severe  banding  artifacts  (37). 

It  should  be  noted  that  the  application  of  EPR  saturation 
pulses  while  the  gradients  are  on  is  only  possible  because 
our  maximum  gradient  strength  is  low,  0.1  gauss  cm-1, 
giving  a  spread  in  electron  resonance  frequencies  across 
the  5.5  cm  sample  (in-plane  dimension)  of  ~1.54  MHz. 
The  loaded  Q  of  the  EPR  coil  was  determined  using  a  vec¬ 
tor  network  analyzer  and  an  untuned  pick  up  coil  to  mea¬ 
sure  the  transmission  response  of  the  EPR  coil  (S21).  The 
measured  Q  of  62  corresponds  to  a  bandwidth  of 
~2.3  MHz,  thus  the  spread  in  electron  spin  frequencies 
during  the  phase  encode  step  is  well  covered. 

Compressed  Sensing 

Most  images  are  sparse  in  the  sense  that  they  can  be 
accurately  represented  with  fewer  coefficients  than  one 
would  assume  given  their  spectral  bandwidth  (38).  CS  is 
a  framework  for  exploiting  sparsity  to  reconstruct  high- 
fidelity  MR  images  from  undersampled  k-space  datasets 
that  do  not  fulfill  the  Nyquist  sampling  theorem.  In  CS 
image  reconstruction,  image  sparsity  is  enforced  by  trun¬ 
cating  the  small  coefficients  of  an  object’s  representation 
in  a  sparse  basis,  typically  chosen  to  be  a  wavelet  trans¬ 
form  domain.  During  image  reconstruction,  the  data  are 
transformed  from  k-space  (the  sensing  basis)  into  the 
wavelet  basis  via  a  sparsifying  transform,  v|i,  taken  for 
this  work  to  be  the  Dirichlet  wavelet  transform. 

CS  uses  norms  to  modify  the  objective  function  that  is 
optimized  during  image  reconstruction.  To  understand 
the  role  of  norms  in  the  objective  function,  it  is  helpful 
to  recall  standard  Fourier  reconstruction.  For  a  discrete 
image  m,  Fourier  operator  F,  and  k-space  dataset  y,  the 
L2-norm,  \\Fm  -  y\\2  =  (Y,i\(Fm)j  -  yj\2)1/2 ,  is  implicitly 
used  to  find  an  image  whose  Fourier  transform  differs  as 
little  as  possible  from  the  k-space  data  in  the  Euclidean 
sense.  For  fully  sampled  data,  the  least  squares  solution 
is  provided  by  the  Fourier  transform.  In  the  case  of 
underdetermined  matrix  problems  (as  when  the  k-space 
data  is  undersampled),  the  L2-norm  may  be  additionally 
used  to  constrain  image  reconstruction  so  as  to  reduce 
the  noise  (an  approach  known  as  Tikhonov  regulariza¬ 
tion).  However,  when  the  L2-norm  is  used  in  this  way,  it 
functions  as  a  low-pass  filter,  penalizing  noise  at  the 


expense  of  introducing  bias.  It  does  not  promote  image 
sparsity.  By  contrast,  the  Li-norm,  defined  as  J|x||a  = 
JT|xj|  for  an  arbitrary  function  x,  has  a  tendency  to  pre¬ 
serve  edges  and  large  coefficients,  e.g.,  for  neighboring 
voxels  {0,3,0}  the  L2-norm  will  tend  to  penalize  the  dif¬ 
ference  toward  {1,1,1},  while  the  Li-norm  of  both  cases  is 
the  same,  preserving  the  edge. 

The  ability  of  the  L1-norm  to  preserve  large  coefficients 
makes  it  an  appealing  choice  for  enforcing  sparsity  in 
images  (39,40).  In  the  CS  framework,  the  Li-norm  is 
applied  to  the  wavelet  transform  of  the  image,  where  it  nat¬ 
urally  selects  the  large  coefficients  representing  image  fea¬ 
tures  while  reducing  the  small  coefficients  corresponding 
to  noise  and  incoherent  artifacts.  For  additional  denoising 
and  artifact  suppression,  a  finite  difference  norm  (a  dis¬ 
crete  implementation  of  the  Total  Variation,  or  TV,  norm) 
is  applied  in  the  image  domain  (41).  This  norm  has  been 
shown  to  preserve  object  edges  while  eliminating  noise. 

As  shown  in  (42),  the  resulting  image  reconstruction 
problem  is  expressed  as  a  balance  between  the  La-norm 
constraints  and  the  L2-norm  data  consistency  constraint: 

min[||Fum— y||2  +  a||iMli  +  $TV(m)] 

where  Fu  is  the  undersampled  Fourier  transform  opera¬ 
tor,  y  is  the  undersampled  k-space  data,  and  coefficients 
a  and  (3  weight  the  relative  contributions  of  each  norm 
to  the  final  image.  A  variety  of  algorithms  are  available 
for  minimizing  this  nonlinear  objective  function  (42). 
Specific  details  about  our  implementation  of  CS  for 
OMRI  b-SSFP  are  given  below. 

Undersampled  OMRI  b-SSFP 

The  use  of  CS  in  MRI  relies  on  the  possibility  to  acquire 
a  priori  compressed  information  and  be  able  to  recon¬ 
struct  the  original  image  as  if  the  latter  was  fully 
sampled  (42).  In  the  context  of  data  acquisition,  this 
motivates  the  use  of  undersampling.  CS  has  been  found 
to  work  best  when  k-space  is  randomly  undersampled  to 
produce  incoherent  artifacts  rather  than  the  familiar 
wrap-around  ghosts  due  to  field-of-view  contraction 
when  k-space  lines  are  skipped  in  a  regular  coherent  pat¬ 
tern  as  is  done  in  conventional  parallel  imaging  (43).  For 
the  images  presented  here,  a  choice  was  made  to  acquire 
random  lines  of  k-space  in  the  phase-encode  directions 
[ky,  kz)  following  a  gaussian  probability  density  function. 
The  readout  direction  was  fully  sampled.  The  standard 
deviations  of  the  sampling  pattern  as  a  fraction  of  the 
field-of-view  along  y  and  z,  and  oz,  respectively,  were 
adjusted  manually  to  preserve  adequate  high-frequency 
information  for  each  undersampling  rate.  We  investi¬ 
gated  four  undersampling  fractions,  50,  70,  80,  and  90%. 
The  undersampling  patterns  are  shown  in  Figure  4.  On 
the  acquisition  side,  this  resulted  in  programming  differ¬ 
ent  phase  encode  tables  for  each  undersampled 
sequence.  The  total  acquisition  time  for  each  undersam¬ 
pling  rate  is  shown  in  Table  1.  To  perform  image  recon¬ 
struction  according  to  the  La-norm  and  the  data 
consistency  constraints,  the  Sparse  MRI  code  (http:// 
www.eecs.berkeley.edu/~mlustig/Software.html)  was 
used.  This  code  solves  the  optimization  problem  using  a 
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FIG.  4.  Undersampling  (US)  patterns  used  for  (a)  50%  undersampling,  (b)  70%  undersampling,  (c)  80%  undersampling,  and  (d)  90% 
undersampling.  For  an  undersampling  rate  of  50%,  995  of  2048  lines  were  acquired.  For  70%  undersampling,  585  of  2048  lines  were 
acquired.  For  80%  and  90%  undersampling,  383  and  185  of  2048  lines  were  acquired,  respectively. 


nonlinear  conjugate  gradient  method  along  with  back¬ 
tracking  line-search  as  described  in  (42).  The  parameters 
for  the  wavelet  and  image  domain  norms  were  tuned 
manually  to  produce  low-noise  images  with  preserved 
object  features.  The  missing  values  in  the  acquired  k- 
space  data  were  made  identically  zero.  To  separate  out 
the  data  into  slices,  a  Fourier  transform  was  performed 
along  the  readout  direction  (x).  Each  sagittal  slice  of  k- 
space  data  [y-z  plane)  was  then  reconstructed  by  the 
Sparse  MRI  algorithm.  After  all  slices  were  recon¬ 
structed,  the  resulting  3D  block  of  image  domain  data 
was  then  displayed  as  transverse  (x-y)  slices.  The  com¬ 
putation  time  for  a  laptop  equipped  with  a  2.3  GHz 
quad-core  processor  was  4.5  min,  permitting  CS  image 
reconstruction  immediately  following  k-space 
acquisition. 

Table  1 

Comparison  of  Acquisition  Time,  Maximum  SNR,  and  Mean  Abso¬ 
lute  Error  (MAE)  as  a  Function  of  the  Undersampling  Fraction  for 
the  Two  Different  Phantom  Configurations  with  the  Maximum 
Applied  RF  Power  of  62  W  at  the  EPR  Coil 


Acq. 
time  (s) 

Maximum 

SNR 

No  CS 

CS 

MAE 

Configuration  1 

Fully  sampled 

114 

23 

40.6 

50%  Undersampling 

56 

35.8 

75.8 

0.073  ±  0.006 

70%  Undersampling 

33 

44.6 

95 

0.072  ±  0.008 

80%  Undersampling 

21 

64.3 

160 

0.112  ±  0.01 1 

90%  Undersampling 

10 

69.8 

148 

0.149  ±0.014 

Configuration  2 

Fully  sampled 

114 

24.6 

42.6 

50%  Undersampling 

56 

30.47 

49.7 

0.049  ±  0.005 

70%  Undersampling 

33 

42 

78.3 

0.059  ±0.010 

80%  Undersampling 

21 

49.9 

94.7 

0.100  ±0.013 

90%  Undersampling 

10 

58.1 

88.3 

0.1 14  ±  0.014 

RESULTS 

Steady-State  Signal  with  Embedded  EPR  Pulses 

To  understand  the  approach  of  transverse  magnetization 
to  steady  state  with  embedded  EPR  pulses  in  the 
sequence,  Bloch  simulations  were  performed  without  the 
phase  encode  gradients  and  compared  with  acquired 
data.  The  results  are  shown  in  Figure  5.  The  data  was 
normalized  such  that  the  maximum  measured  signal  and 
the  maximum  simulated  signal  were  both  set  to  1.  The 
experimental  data  with  DNP  (□)  begins  at  thermal  equi¬ 
librium,  but  rapidly  builds  up  to  30  times  that  of  the 
non-DNP  data  (O).  This  build  up  corresponds  to  the  T1 
relaxation  time  of  the  sample  (545  ms).  The  signal 
reaches  ~90%  of  its  steady  state  value  after  24  echoes,  or 
1.3  s,  and  the  simulation  is  in  good  agreement  with  the 
data  (dashed  line;  not  a  fit). 

Fully  Sampled  Versus  Undersampled 

Images  of  the  two  different  phantom  configurations  are 
shown  in  Figures  6  and  7  after  CS  reconstruction.  Images 
reconstructed  from  fully  sampled  k-space  and  from  50, 
70,  80,  and  90%  undersampling  are  shown.  Figure  6a, b 
shows  the  top  and  center  structures  of  the  interlocking 
cones  (configuration  1).  Figure  6c  displays  3D  rendered 
images  of  the  segmented  cones  for  each  undersampling 
fraction.  Figure  7a-e  shows  the  different  segments  of  the 
phantom  in  configuration  2.  For  both  phantom  configura¬ 
tions,  50  and  70%  undersampling  reproduces  the  fully 
sampled  images  well.  Even  small  structures  such  as  2 
mm  diameter  holes  (Fig.  6a),  1  and  1.5  mm  solid  separa¬ 
tors  and  2.5  mm  holes  (marked  by  white  arrows  in  Fig. 
7b-d)  are  well  resolved  at  70%  undersampling.  For  80 
and  90%  undersampling,  most  of  the  structures  are  still 
visible  although  substantial  blurring  and  ghosting  arti¬ 
facts  begin  to  appear.  Figure  7a, e  correspond  to  the  top 
and  bottom  slice  of  the  phantom  and  show  lower  signal 
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FIG.  5.  Simulation  and  measurement  of  the  approach  to  steady- 
state  with-  and  without  DNP.  Plotted  are  the  echo  amplitudes 
acquired  during  the  pulse  sequence  in  Figure  3  with  only  the  read 
gradient  active.  The  DNP  signal  is  nearly  30  times  larger  than  the 
signal  without  DNP  after  reaching  steady-state.  Solid  curves  plot¬ 
ted  are  not  a  fit  to  the  data  but  an  exact  simulation  with  no  free 
parameters  as  described  in  the  text. 

magnitude  due  to  the  B1  profile  of  the  EPR  coil.  The 
maximum  SNR  was  calculated  from  maximal  signal 
amplitudes  divided  by  two  times  the  standard  deviation 
of  a  user  defined  noise  region  before  and  after  CS  recon¬ 
struction  and  is  shown  in  Table  1.  The  increase  in  SNR 
with  undersampling  rate  is  due  to  the  undersampling 


pattern  acting  as  an  apodization  filter  that  removes  high 
spatial  frequencies  from  k-space.  However,  all  images 
show  an  increase  in  SNR  after  CS  reconstruction.  The 
SNR  enhancement  using  CS  increases  with  the  initial 
SNR  of  the  image  and  ranges  from  about  1.5  to  2.5. 

To  quantify  the  errors  that  occur  in  the  undersampled 
images,  the  mean  absolute  error  (MAE)  was  calculated 
for  each  image  (Table  1).  The  MAE  was  calculated  by 
first  thresholding  the  images  such  that  only  points  that 
were  five  times  greater  than  the  noise  (<rn)  were  kept. 
The  undersampled  image  was  then  subtracted  from  the 
fully  sampled  image  and  all  non-zero  values  counted  as 
an  error.  As  seen  in  Table  1,  the  MAEs  for  the  50  and 
70%  undersampling  rates  are  small  and  comparable 
while  those  for  80  and  90%  increase  significantly.  The 
MAE  for  each  of  the  32  phase  encodes  gradients  along  z 
for  configuration  1  is  shown  in  Figure  8  for  all  under¬ 
sampling  rates.  There  is  little  difference  across  the  entire 
sample  between  50  and  70%,  again  showing  that  the 
image  is  well  reproduced  with  only  30%  of  the  k-space 
data.  Losses  in  SNR  due  to  the  B1  profile  of  the  EPR  coil 
on  slices  1-5  and  25-32  result  in  increased  MAE  values 
for  all  undersampling  rates. 

SAR  Considerations 

A  problem  limiting  the  use  of  OMRI  is  that  the  high 
power  RF  pulses  necessary  for  DNP  lead  to  high  SAR. 
Two  methods  were  used  to  estimate  SAR.  A  fiber  optic 
temperature  probe  was  placed  inside  the  sample  and  the 
fully  sampled  k-space  sequence  was  run  several  times, 
waiting  several  minutes  in  between  runs  to  allow  the 


FIG.  6.  Fully  and  undersampled  (US)  images  of  the  phantom  in  configuration  1  after  CS  reconstruction  as  a  function  of  undersampling 
fraction,  a:  Representative  slices:  Top  (a)  and  center  (b)  of  the  full  32  slice  dataset.  Acquisition  matrix:  128  x  64  x  32,  voxel  size:  2  x  1 
x  3.5  mm3,  c:  3D  rendered  images  of  the  interlocked  cone  structure  obtained  from  the  fully  and  undersampled  datasets. 
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FIG.  7.  Fully  and  undersampled  (US)  images  of  five  representative  slices  after  CS  reconstruction.  The  full  32-slice  data  set  was 
acquired  with  the  phantom  in  configuration  2  as  described  in  the  text.  MR  images  are  shown  alongside  photographs  of  the  correspond¬ 
ing  phantom  piece.  Acquisition  matrix:  128  x  64  x  32,  voxel  size:  2x1  x  3.5  mm3.  White  arrows  indicate  1  and  1.5  mm  solid  separa¬ 
tors,  (b)  and  (d),  respectively,  and  2.5  mm  diameter  structures  (c). 


EPR  coil  to  cool.  The  maximum  measured  temperature 
increase  was  0.4° C.  No  temperature  increase  was  meas¬ 
ured  for  any  of  the  undersampled  sequences.  Estimating 


FIG.  8.  MAE  computed  each  slice  number  for  each  undersam¬ 
pling  fraction  with  the  phantom  in  configuration  1:  50%  US 
(black),  70%  US  (red),  80%  US  (green),  and  90%  US  (blue).  [Color 
figure  can  be  viewed  in  the  online  issue,  which  is  available  at 
wileyonlinelibrary.com.] 


SAR  ~  cT/At  (44)  where  c  is  the  specific  heat,  AT  is  the 
temperature  change  and  At  is  the  time  of  the  sequence 
gives  SAR  =15  W  kg-1.  We  expect  this  to  represent  a 
lower  limit  as  heat  may  have  dissipated  during  the 
sequence.  As  a  second  method,  the  power  dissipated  in 
the  sample  was  estimated  using  (45): 

-^sample  =  -^coilCl  Qloaded/Qunloaded) 

The  forward  power  was  measured  using  a  directional 
coupler  (Model  3020A,  Narda  Microwave,  Hauppauge, 
NY)  and  power  meter  (V3500A,  Agilent  Technologies, 
Santa  Clara,  CA),  and  the  maximum  forward  power  to 
the  coil  was  ~62  W.  The  loaded  Q  was  measured  to  be 
52  while  the  unloaded  Q  was  62.  Thus  the  power  to  the 
sample  during  an  EPR  pulse  is  ~10  W.  The  EPR  irradia¬ 
tion  is  on  for  73%  of  TR  and  the  sample  mass  is  0.25  kg, 
therefore  SAR  =  29  W  kg-1. 

The  50%  undersampled  images  in  Figures  6  and  7 
have  high  SNR  and  accurately  represent  the  phantom. 
Therefore,  we  reduced  the  forward  power  to  the  coil  by 
factors  of  2,  4,  8,  and  16  to  investigate  how  much  the 
SAR  could  be  reduced  (thusly  reducing  the  Overhauser 
enhancement)  while  maintaining  high  image  quality. 
The  results  are  shown  in  Figure  9  and  Table  2.  Image 
quality  is  well  maintained  for  31  and  15.5  W  forward 
power  corresponding  to  an  estimated  SAR  of  ~14.5  and 
7.25  W  kg-1,  respectively. 
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DISCUSSION 

The  3D  Overhauser-enhanced  b-SSFP  sequence  pre¬ 
sented  here  in  combination  with  CS  and  undersampling 
techniques  allows  us  to  attain  1  x  2  x  3.5  mm3  voxel 
size  in  our  phantom  in  33  s  (70%  undersampling  in 
Figs.  6  and  7)  at  6.5  mT.  The  resulting  CS  reconstructed 
image  is  nearly  identical  to  the  original  fully  sampled 
image  and  has  ~2  times  higher  SNR.  This  was  achieved 
by  inserting  the  EPR  saturation  pulses  within  TR  during 
the  prephase/rephase  gradients,  thus  removing  the  time 
consuming  prepolarization  step  as  in  other  OMRI 
sequences.  As  shown  in  our  experiments  and  simula¬ 
tions  (Fig.  5),  a  large  steady-state  signal  is  quickly 
reached  with  90%  of  the  maximum  signal  reached  in 
<1.5  s,  and  constant  polarization  in  the  sample  is  main¬ 
tained  during  the  remainder  of  the  acquisition.  This 
eliminates  the  need  to  correct  acquisitions  for  T1  decay 
and  to  rectify  undesirable  phase  shifts  that  can  occur 
when  using  prepolarization  techniques  (25,46).  The  max¬ 
imum  signal  with  b-SSFP  at  thermal  equilibrium  is  given 
by  Mss  =  =  OA7M0  (37).  Overhauser  satura¬ 

tion  pulses  during  the  phase  gradient  increases  Mss  by 
~30  for  the  sample  used  here,  thus  allowing  high  SNR 
images  comparable  to  those  obtained  with  conventional 
OMRI  techniques.  The  simulations  provide  a  reliable 
tool  to  optimize  the  phase  encode  gradient  durations 
depending  on  7\  and  T2. 

The  application  of  EPR  saturation  pulses  during  the 
balanced  phase  encode  gradient  events  is  our  first  major 
source  of  acceleration.  This  allows  us  to  acquire  images 
twice  as  fast  as  spin  echo  OMRI  sequences  recently  pub¬ 
lished  in  the  literature  (24)  with  nearly  seven  times 
higher  spatial  resolution  (1  x  2  x  3.5  mm3  vs.  1.25  x 
1.25  x  30  mm3).  This  is  possible  by  covering  the  spread 
in  electron  spin  frequencies  in  the  phantom  when  the 
maximum  0.1  gauss  cm-1  phase  encode  gradient  was 
turned  on.  This  sets  an  upper  limit  on  the  Q  factor  of  the 
EPR  coil,  or  alternatively,  the  maximum  gradient 
strength  that  can  be  used  for  these  experiments.  While 
the  maximum  steady-state  DNP  enhancements  would 
benefit  from  a  higher  Q  coil,  the  goal  of  maintaining 
nearly  constant  signal  enhancement  across  the  sample 
during  imaging  would  suffer.  However,  when  the  EPR 
irradiation  occurs  as  separate  step  before  imaging  as  in 
other  OMRI  sequences,  the  DNP  signal  is  also  not  con¬ 
stant  across  the  image  due  to  the  decay  of  polarization, 
so  a  compromise  of  higher  gradient  strength  for  uneven 
DNP  polarization  may  be  acceptable. 

Partial  sampling  of  k-space  (and  subsequent  recon¬ 
struction  via  CS)  is  our  second  major  acceleration  factor. 
In  the  case  of  70%  undersampling,  this  result  in  addi¬ 
tional  3.5  fold  acceleration  while  keeping  the  voxel  size 
unchanged,  thus  resulting  in  seven  times  faster  acquisi¬ 
tion  compared  with  recently  published  work  (24).  By 
undersampling  in  each  phase  encode  direction  according 
to  a  gaussian  probability  density  function,  the  center  of 
k-space  is  emphasized,  preserving  image  contrast  with¬ 
out  completely  sacrificing  the  high  frequency  informa¬ 
tion  at  the  edge  of  k-space.  However,  the  choice  of  the 
lines  sampled  in  k-space  was  empirically  determined 
and  only  a  few  undersampling  patterns  were  empirically 


tested  for  a  given  undersampling  rate.  The  degrees  of 
freedom  in  the  generation  of  underspampling  patterns  is 
large  (choice  of  lines  sampled,  cry  z)  and  a  large  number 
of  combinations  could  have  been  tested  with  the  oppor¬ 
tunity  to  give  even  better  results.  However,  for  the  <7y>z’s 
used  here,  the  50%  and  70%  undersampling  rates  accu¬ 
rately  reproduced  the  image  for  different  random  sam¬ 
plings  of  k-space.  In  addition,  this  work  focuses  on 
Cartesian  sampling,  but  alternative  sampling  trajectories 
(spiral  and  radial)  have  been  shown  to  offer  more  flexi¬ 
bility  in  the  design  of  3D  incoherent  sampling  sequences 
that  are  particularly  well  for  the  use  of  CS  techniques 
(47-50). 

CS  performs  natural  denoising,  bringing  an  improve¬ 
ment  in  SNR.  Incoherent  artifacts  resulting  from 
subsampled  k-space  are  efficiently  suppressed  using  La- 
norm  constraints  in  the  image  and  wavelet  domains  as 
previously  detailed  in  the  literature  (42).  However,  more 
than  70%  undersampling  could  not  provide  satisfying 
reconstruction  in  spite  of  high  SNR.  The  incorporation 
of  prior  knowledge  (51-53)  in  the  image  reconstruction 
process  could  overcome  this  limitation  by  partially 
recovering  irretrievable  loss  of  information  caused  by 
heavy  undersampling  and  further  increase  our  temporal 
resolution.  In  addition,  it  is  important  to  note  that  the 
4.5  min  computation  time  required  for  the  CS  recon¬ 
struction  does  not  significantly  penalize  the  time  saved 
from  undersampling. 

The  gain  in  temporal  resolution  obtained  here  for  70% 
undersampling,  around  1  s  per  acquired  slice,  provides 
new  insight  for  investigating  cases  where  high  temporal 
resolution  is  needed,  such  as  monitoring  the  concentra¬ 
tion  change,  oxidation,  and  metabolism  of  free  radicals 
that  correlate  directly  with  organ  functions  and  tissue 
health.  In  addition,  shorter  durations  for  the  read  and 
phase  encode  gradients  could  have  been  implemented  to 
give  significantly  shorter  acquisition  times  but  at  the 
cost  of  a  decreased  spatial  resolution.  Likewise,  doubling 
the  gradient  strength  in  read  and  both  phase  encode 
directions  would  allow  us  to  reach  2 3  times  higher  spa¬ 
tial  resolution  for  a  fixed  acquisition  time. 

Considering  the  SAR  resulting  from  the  sequence,  the 
amount  of  power  sent  to  the  EPR  coil  was  decreased  by 
a  factor  of  4  while  still  keeping  the  SNR  >25.  Even  if  a 
compromise  has  to  be  found  between  the  desired  spatial 
resolution  of  the  image  and  sample  heating  due  to  the 
high  power  RF,  the  total  amount  of  RF  power  sent  to 
the  sample  during  imaging  is  considerably  reduced  by 
the  use  of  undersampling  strategies.  No  temperature  rise 
was  measured  in  the  sample  for  the  50  to  90%  under¬ 
sampling  fractions  with  the  maximum  EPR  power  used 
in  this  study.  With  the  maximum  available  EPR  power, 
we  acquired  images  with  an  in-plane  resolution  of  1  x  1 
mm2  as  shown  in  Figure  10  with  70%  undersampling 
(while  maintaining  the  3.5  mm  slice  thickness).  Total  ac¬ 
quisition  time  was  65  s.  This  image  displays  excellent 
in-plane  resolution  with  very  little  blurring  of  the  1  mm 
features  and  high  SNR. 

The  images  presented  here  were  acquired  with  a  suffi¬ 
ciently  long  TR  to  obtain  the  desired  in-plane  resolution 
while  keeping  the  gradient  strength  low  enough  for 
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FIG.  9.  Images  taken  with  the  phan¬ 
tom  in  configuration  2  and  50%  under¬ 
sampling  as  a  function  of  Overhauser 
drive  power:  (a)  62  W,  (b)  31  W,  (c) 
15.5  W,  (d)  7.8  W,  and  (e)  3.9  W  EPR 
power.  Acquisition  matrix:  128  x  64  x 
32,  voxel  size:  2x1  x  3.5  mm3,  and 
TR/TE:  54/27  ms.  Total  acquisition  time 
per  image  was  56  s. 
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efficient  EPR  saturation  during  phase  encoding.  We  note 
that  the  phantom  used  here  has  significantly  longer  T2 
and  T1  relaxation  times  than  would  be  expected  for  in 
vivo  applications.  Bloch  simulations  were  run  to  esti¬ 
mate  how  the  current  sequence  would  perform  with 
relaxation  times  10  times  shorter  than  the  phantom  used 
here.  Keeping  all  simulation  parameters  as  in  Figure  5, 
but  decreasing  T1  to  55  ms  and  T2  to  49  ms  resulted  in 


Table  2 

The  Maximum  SNR  as  a  Function  of  Power  at  the  EPR  Coil  with 
and  without  CS  for  the  Phantom  in  Configuration  2 


Max.  SNR 

Power  to  EPR  coil  (W) 

No  CS 

CS 

62 

36 

75 

31 

29.3 

48 

15.5 

21 

26.4 

7.8 

15.2 

18.2 

3.9 

11.4 

16.2 

<15%  reduction  in  signal  intensity  (compared  with  the 
dashed  line  in  Figure  5).  While  relaxation  times  compa¬ 
rable  to  TR  tend  to  reduce  signal,  this  is  partially  offset 
by  a  faster  approach  to  steady  state.  More  likely  to  ham¬ 
per  the  effectiveness  of  OMRI  in  vivo,  however,  is  a 
decrease  in  the  maximum  DNP  signal  enhancement  due 
to  extra  aH  nuclear  spin  relaxation  pathways  that  com¬ 
pete  with  relaxation  caused  by  dipolar  coupling  to  the 
electron  spin  (27).  To  observe  this  effect,  simulations 
were  run  with  the  short  7\  and  T2  times  above  while 
decreasing  the  maximum  DNP  signal  enhancement  to 
—10  and  —5.  This  reduced  the  steady  state  signal  inten¬ 
sity  by  80  and  90%,  respectively,  compared  with  the 
dashed  line  in  Figure  5.  Although  the  signal  is  much 
smaller,  it  is  still  a  factor  of  7  and  3.5  times  larger  than 
the  thermal  equilibrium  signal  with  the  same  parameters, 
and  therefore  still  provides  very  useful  contrast.  In  the 
case  of  injected  free  radical  detection,  this  decrease  in 
signal  can  be  partially  overcome  by  increasing  the  free 
radical  concentration.  For  example,  injection  of  0.6  mL 
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FIG.  10.  High-resolution  CS  reconstructed  images  taken  in  the  phantom  in  configuration  2  (five  slices  are  shown)  with  70%  undersam¬ 
pling.  Acquisition  matrix:  256  x  64  x  32,  voxel  size:  1  x  1  x  3.5  mm3,  and  TR/TE:  54/27  ms.  Total  acquisition  time  was  65  s. 


of  100  mM  nitroxide  radical  in  mice  has  been  reported 
in  recent  work  (24).  Assuming  60-80  mL  of  blood  per  kg 
of  bodyweight  (54),  the  dilution  factor  is  between  3  and 
4  for  a  30  g  mouse,  resulting  in  a  nominal  29  mM  free 
radical  concentration,  more  than  10  times  higher  than 
the  2.5  mM  used  in  the  work  presented  here. 

CONCLUSION 

We  have  demonstrated  a  new  strategy  for  fast  high-reso¬ 
lution  3D  Overhauser  MRI  using  b-SSFP  in  a  phantom 
containing  2.5  mM  4-hydroxy  TEMPO  solution  at  6.5  mT. 
The  embedding  of  EPR  excitation  pulses  directly  into  the 
b-SSFP  sequence  eliminates  the  prepolarization  step 
used  in  other  OMRI  sequences,  reducing  the  acquisition 
time  and  obviating  the  need  for  long,  high  power  RF  EPR 
pulses.  The  use  of  undersampling  strategies  and  CS 
reconstruction  algorithms  further  reduces  imaging  time. 
We  have  shown  that  an  undersampling  rate  of  70%  gives 
unperceivable  reconstruction  errors  when  compared  with 
the  fully  sampled  data  sets,  allowing  the  acquisition  of 
32  slices  in  our  phantom  volume  within  33  s.  This  work 
overcomes  the  main  limitations  of  Overhauser  enhanced 
MRI  as  previously  described  in  the  literature,  drastically 
improving  speed  and  resolution,  and  enabling  new 
opportunities  for  the  measurement  of  free  radicals  in  liv¬ 
ing  organisms,  and  for  the  study  of  dynamic  processes 
such  as  metabolism  and  flow. 
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Purpose:  As  the  premiere  modality  for  brain  imaging,  MRI 
could  find  wider  applicability  if  lightweight,  portable  systems 
were  available  for  siting  in  unconventional  locations  such  as 
intensive  care  units,  physician  offices,  surgical  suites,  ambu¬ 
lances,  emergency  rooms,  sports  facilities,  or  rural  healthcare 
sites. 

Methods:  We  construct  and  validate  a  truly  portable  (<100 
kg)  and  silent  proof-of-concept  MRI  scanner  which  replaces 
conventional  gradient  encoding  with  a  rotating  lightweight 
cryogen-free,  low-field  magnet.  When  rotated  about  the 
object,  the  inhomogeneous  field  pattern  is  used  as  a  rotating 
spatial  encoding  magnetic  field  (rSEM)  to  create  generalized 
projections  which  encode  the  iteratively  reconstructed  two- 
dimensional  (2D)  image.  Multiple  receive  channels  are  used  to 
disambiguate  the  nonbijective  encoding  field. 

Results:  The  system  is  validated  with  experimental  images  of 
2D  test  phantoms.  Similar  to  other  nonlinear  field  encoding 
schemes,  the  spatial  resolution  is  position  dependent  with 
blurring  in  the  center,  but  is  shown  to  be  likely  sufficient  for 
many  medical  applications. 

Conclusion:  The  presented  MRI  scanner  demonstrates  the 
potential  for  portability  by  simultaneously  relaxing  the  magnet 
homogeneity  criteria  and  eliminating  the  gradient  coil.  This  new 
architecture  and  encoding  scheme  shows  convincing  proof  of 
concept  images  that  are  expected  to  be  further  improved  with 
refinement  of  the  calibration  and  methodology.  Magn  Reson 
Med  000:000-000,  2014.  ©  2014  Wiley  Periodicals,  Inc. 

Key  words:  portable  MRI;  low-field  MRI;  nonlinear  SEMs;  Hal- 
bach  magnet;  parallel  imaging 
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INTRODUCTION 

Specialized,  portable  MRI  systems  have  the  potential  to 
make  MR  neuroimaging  possible  at  sites  where  it  is  cur¬ 
rently  unavailable  and  enable  immediate,  “point-of-care” 
detection  and  diagnosis  of  acute  intracranial  pathology 
which  can  be  critical  in  patient  management.  For  exam¬ 
ple,  the  characterization  of  acute  posttraumatic  space 
occupying  brain  hemorrhage  is  a  time-sensitive  emer¬ 
gency  for  which  simple  clinical  assessment  and  even 
urgent  computed  tomography  scanning  may  be  insuffi¬ 
cient.  While  conventional  MR  scanners  are  capable  of 
making  this  diagnosis,  they  are  not  available  in  remote 
locations.  In  Intensive  Care  Units  scanners  are  generally 
nearby,  but  are  difficult  to  use  because  of  the  dangers 
associated  with  transporting  critical  care  patients.  A 
portable  bed-side  scanner  could  offer  major  benefits  in 
such  situations.  Portable,  low-cost  scanners  are  compel¬ 
ling  for  applications  where  power,  siting,  and  cost  con¬ 
straints  prohibit  conventional  scanners.  Examples 
include  clinics  in  rural  or  underdeveloped  areas,  mili¬ 
tary  field  hospitals,  sports  arenas,  and  ambulances. 
Finally,  analogous  to  the  current  use  of  ultra-sound,  a 
low-cost  and  easy-to-implement  scanner  could  find  uses 
in  neurology,  neurosurgery,  or  neuro-oncology  examina¬ 
tion  rooms  for  routine  disease  monitoring  (e.g.,  monitor¬ 
ing  ventricle  size  after  stent  placement).  The 
development  of  a  portable  scanner  relies  on  the  co¬ 
design  of  a  new  image  encoding  methods  and  simplified 
hardware.  This  approach  is  detailed  in  the  present  work. 

Traditional  Fourier  MR  imaging  methods  rely  on 
homogeneous  static  polarizing  fields  ( B0 )  and  high 
strength  linear  spatial  encoding  magnetic  fields  (SEMs) 
produced  by  magnetic  gradient  coils.  Conventional  scan¬ 
ners  use  high  cost  superconducting  wire,  liquid  cryogen 
cooling  systems,  and  high  power  supplies  and  electron¬ 
ics.  These  aspects  make  it  difficult  to  simply  scale-down 
conventional  MRI  scanners  to  portable,  low  cost  devices. 
Recently  in  Kose  and  Haishi  (1)  and  Kimura  et  al  (2), 
high  resolution  imaging  has  been  achieved  with  table- 
top  and  small  bore  permanent  magnet  systems  with  long 
acquisition  times  (1),  including  a  mobile  MRI  system 
developed  for  outdoor  imaging  of  small  tree  branches  (2), 
but  these  scanners  lack  a  bore  size  suitable  for  brain 
imaging  and  the  long  acquisition  times  are  not  conducive 
to  imaging  in  triage  settings.  Other  approaches  that 
scale-down  the  size  of  conventional  systems  for  intra¬ 
operative  MRI  show  promise  (3).  However,  while  these 
systems  are  relatively  easy  to  retrofit  in  operating  room, 
they  are  not  truly  portable. 
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In  the  present  work,  we  use  a  novel  image  encoding 
method  based  on  rotating  spatial  encoding  magnetic 
fields  (rSEMs)  to  create  a  portable  scanner.  We  replace 
the  B0  magnet  and  linear  gradient  coils  with  a  rotating 
permanent  magnet  featuring  an  inhomogeneous  field  pat¬ 
tern  used  for  spatial  encoding.  In  this  scheme,  the  inho¬ 
mogeneity  in  the  B0  field  serves  as  a  spatial  encoding 
magnetic  field  (SEM),  and  is  requirement  for  image 
encoding  not  a  nuisance.  Loosening  the  homogeneity 
constraint  of  some  conventional  magnet  designs  leads  to 
a  reduction  in  the  minimum  required  magnet  material, 
and  allows  for  more  sparse/lightweight  designs  (45  kg  in 
our  prototype).  Additionally,  the  rotation  of  the  magnet’s 
inhomogeneous  field  pattern  replaces  the  function  of 
heavy  switchable  gradient  coils  with  significant  power 
requirements. 

Several  NMR  devices  for  niche  applications  have 
explored  relaxing  the  magnet  homogeneity  constraint,  as 
well  as  reducing  the  reliance  on  traditional  Fourier 
image  encoding.  The  oil  well-logging  industry  was  the 
first  to  explore  the  idea  of  mobile  NMR  using  “external 
sample”  or  “inside-out”  NMR  tools  for  measuring  fluid 
in  rock  formations  down-hole  (4).  This  work  was  ini¬ 
tially  done  with  electromagnets  or  in  the  earth’s  field, 
but  the  advent  of  rare-earth  magnets  with  high  energy 
products  such  as  SmCo  and  NdFeB  (5),  has  allowed 
more  effective  borehole  NMR  tools  to  be  developed  (6). 
Some  portable  single-sided  NMR  devices  (7,8)  exploit 
inhomogeneous  magnetic  fields  from  permanent  magnets 
for  ID  spatial  encoding.  In  these  systems  a  rare-earth 
magnet  array  is  placed  against  the  object  such  that  the 
field  falls  off  roughly  linearly  with  depth.  Broadband 
excitation  and  spin-echo  refocusing  are  used  to  obtain  a 
one-dimensional  (ID)  depth  profile  of  the  water  content 
in  the  object  (9-11).  Thus,  these  systems  use  the  inhomo¬ 
geneity  of  the  small  magnet  to  spatially  encode  the  depth 
of  the  water;  a  principle  that  we  will  exploit  in  a  more 
complete  way. 

Previously,  Cho  et  al  implemented  a  mechanically 
rotating  DC  gradient  field  in  conjunction  with  a  conven¬ 
tional  MRI  scanner  with  the  motivation  of  silent  imaging 

(12) .  In  that  case,  the  rotating  electromagnet  produced  a 
linear  gradient  field  so  traditional  projection  reconstruc¬ 
tion  methods  could  be  used.  In  the  presently  described 
portable  scanner,  the  dominant  SEM  field  term  is  quad- 
rupolar,  which  requires  specialized  acquisition  and 
reconstruction  techniques.  Spatial  encoding  with  similar 
nonlinear  fields  created  with  electromagnets  has  recently 
drawn  attention  as  a  way  to  achieve  focused  high  imag¬ 
ing  resolutions,  reduced  peripheral  nerve  stimulation 

(13) ,  and  improved  parallel  imaging  performance  (14).  In 
our  scanner,  the  approximately  quadrupolar  SEM  fields 
are  physically  rotated  around  the  object  along  with  the 
B0  field,  and  stationary  RF  coils  are  used  to  acquire  gen¬ 
eralized  projections  of  the  object  in  spin-echo  train  form. 

In  this  manuscript,  we  describe  the  design,  construc¬ 
tion,  and  testing  of  a  portable  2D  MRI  scanner.  We  show 
that  the  encoding  scheme  we  introduce  can  achieve  a 
resolution  of  a  few  millimeters  in  phantom  images. 
While  full  3D  encoding  is  not  demonstrated,  the  system 
is  compatible  with  RF  encoding  schemes,  such  as  the 
transmit  array  spatial  encoding  (TRASE)  method  (15,16), 


capable  of  adequately  encoding  the  third  dimension 
(along  the  axis  of  the  cylindrical  magnet).  The  magnet 
design  and  initial  encoding  attempts  were  previously 
reported  in  abstract  form  (17-19). 

METHODS 

Magnet  and  Field  Mapping 

The  described  rSEM  encoding  method  is  valid  for  arbi¬ 
trary  encoding  field  shapes,  although  the  shape  will 
affect  the  spatially  variable  resolution  of  the  images.  A 
sparse  dipolar  Halbach  cylinder  design  similar  to  the 
“NMR  Mandhala”  (20,21)  was  chosen  to  produce  the 
rotating  B0  field  presented  here.  This  arrangement  of  per¬ 
manent  magnets  produces  an  approximately  uniform 
field  directed  transverse  to  the  axis  of  the  cylinder  (22). 
The  major  design  criteria  for  our  Halbach  magnet  were: 
(i)  maximum  average  field  for  highest  signal  to  noise 
ratio  (SNR),  (ii)  sufficient  field  variation  for  spatial 
encoding  while  maintaining  reasonable  measurement 
and  excitation  bandwidths,  (iii)  minimum  volume  of  per¬ 
manent  magnet  material  to  keep  cost  and  weight  down, 

(iv)  use  of  stock  rare-earth  magnet  material  shapes,  and 

(v)  minimum  size  to  fit  the  head  (to  maximize  B0).  Note, 
the  design  was  not  focused  on  the  specific  spatial  encod¬ 
ing  field  shape,  and  the  resulting  pattern  in  the  con¬ 
structed  magnet  was  accepted  as  the  SEM  for  the 
presented  scanner.  The  Halbach  cylinder  design  consists 
of  a  36-cm-diameter  array  of  20  rungs  comprising  N42 
grade  NdFeB  magnets  that  are  each  1  x  1  x  14"  (magne¬ 
tized  through  the  1"  thickness).  Two  additional  Halbach 
rings  made  up  of  twenty  1"  NdFeB  cubes  are  added  to 
the  ends  of  the  cylinder  to  reduce  field  fall-off  caused  by 
the  relatively  short  length  of  cylinder.  Figure  1  shows  a 
3D  drawing  of  the  magnet,  the  simulated  field,  and  con¬ 
structed  magnet. 

The  predicted  field  pattern  (Fig.  la,b),  as  well  as  the 
forces  between  the  magnet  rungs  were  simulated  using 
COMSOL  Multiphysics  (Stockholm,  Sweden).  This  cal¬ 
culation  estimated  an  internal  force  of  178  N,  which  is 
adequately  handled  by  the  fiberglass  and  ABS  frame 
designed  to  hold  the  NdFeB  magnet  array.  The  magnet 
rungs  consist  of  NdFeB  magnets  stacked  inside  square 
fiberglass  tubes  (McMaster-Carr,  Elmhurst,  IL,  USA), 
which  are  fixed  by  five  water  jet  cut  3/8"ABS  rings  (Fig. 
Id).  Each  14"  long  magnet  rung  is  comprised  of  four 
individual  bar  magnets  (Applied  Magnet,  Plano,  TX, 
USA)  which  were  bonded  together  (three  4"  bars  and  a 
2"  bar).  The  ABS/fiberglass  frame  was  assembled  before 
NdFeB  magnet  handling,  and  then  the  magnet  rungs 
were  populated  one  at  a  time.  Because  the  four  magnets 
comprising  each  rung  repel  each  other  as  they  are 
inserted,  a  magnet  loading  and  pushing  jig  was  neces¬ 
sary  to  force  the  magnets  together  while  the  magnet 
bonding  adhesive  cured  (Loctite  p/n  331  and  7387, 
Diisseldorf,  Germany).  The  jig  was  a  simple  threaded 
rod  mounted  to  the  magnet  assembly  frame  above  the 
opening  of  the  fiberglass  tube. 

The  constructed  magnet  weighs  45  kg  and  has  a  77.3 
mT  average  field  in  the  16-cm  field  of  view  (FOV)  center 
plane,  corresponding  to  a  3.29  MHz  proton  Larmor  fre¬ 
quency.  The  cylindrical  magnet  sits  on  aluminum  rollers 
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FIG.  1.  The  magnet  array  consists  of  twenty  1"  x  1"  x  14"  NdFeB  magnets  oriented  in  the  k  =  2  Halbach  mode.  Additional  Halbach 
rings  made  of  1"  x  1"  x  1"  magnets  were  added  at  the  ends  to  reduce  field  fall  off  along  the  cylindrical  axis.  a,b:  Simulation  of  the 
magnetic  field  in  two  planes.  The  field  is  oriented  transverse  to  the  cylinder  axis  (z-direction).  c:  Schematic  of  NdFeB  magnets  compos¬ 
ing  array.  The  targeted  spherical  imaging  region  (18-cm  diameter)  is  depicted  at  isocenter,  d:  End-view  photo  of  the  Halbach  magnet 
mounted  on  high  friction  rollers.  Magnet  was  constructed  with  ABS  plastic  and  square  fiberglass  tubes  containing  the  NdFeB  magnets. 
Faraday  cage  not  shown. 


covered  with  a  high  friction  urethane.  The  MRI  console 
is  used  to  drive  a  stepper  motor  (model  34Y106S-LW8, 
Anaheim  Automation,  Anaheim,  CA,  USA)  that  is 
attached  to  the  aluminum  axle  of  one  of  the  rollers 
through  a  5:1  gearbox  (model  GBPH-0901-NS-005,  Ana¬ 
heim  Automation).  Magnet  rotation  is  incorporated  into 
the  pulse  sequence  so  that  it  is  controlled  by  the  MRI 
console  to  a  precision  of  one  degree  at  a  rate  of  10  deg/s. 
Peripheral  nerve  stimulation  is  not  a  concern  with  this 
B0  rotation  rate.  Even  at  10 x  the  current  rotation  rate, 
the  dB/dt  from  the  rotating  magnet  is  two  orders  of  mag¬ 
nitude  below  the  dB/dt  generated  by  a  modest  clinical 
gradient  system.  The  magnet  assembly  is  enclosed  in  a 
copper  mesh  Faraday  cage  to  reduce  RF  interference. 

An  initial  3D  field  map  was  obtained  with  a  three-axis 
gaussmeter  probe  attached  to  a  motorized  stage.  The 
measured  field  shape  is  roughly  quadrupolar,  similar  to 
the  fields  used  in  the  initial  realization  of  multipolar  Pat- 


Loc  (Parallel  Imaging  Technique  using  Localized  Gra¬ 
dients)  encoding  (13),  but  with  significant  higher-order 
components  as  well.  The  measured  field  variation  range 
in  y-z  (imaging  plane),  x-z,  and  x-y  planes  of  a  16-cm 
sphere  were  Afyz  =  95  kHz,  Afxz  =  60  kHz  and  Afxy  =  52 
kHz.  Large  Larmor  frequency  bandwidths  make  it  diffi¬ 
cult  to  design  RF  excitation  and  refocusing  pulses  that 
achieve  the  same  flip  angle  and  phase  across  all  the 
spins.  In  addition,  it  is  difficult  to  make  transmit  and 
receive  coils  uniformly  sensitive  over  the  entire  band¬ 
width.  Therefore,  shimming  was  done  to  decrease  field 
variation  (no  attempt  was  made  to  reshape  the  SEM). 
The  field  variation  was  shimmed  down  to  Afyz  =  32  kHz, 
Afxz  =  32.5  kHz  and  Afxy  =  19  kHz  with  the  addition  of 
small  shim  magnets  (0.5"  diameter,  0.25"  length  cylindri¬ 
cal  NdFeB  magnets)  which  were  attached  to  the  fiber¬ 
glass  rungs.  The  three  planes  of  the  shimmed  field  map 
are  shown  in  Figure  2. 
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FIG.  2.  Gaussmeter- measured  field  maps  of  the  spatial  encoding  magnetic  field  (SEM)  in  the  z-y  (imaging  plane),  z-x,  and  y-x  planes  of 
shimmed  the  Halbach  magnet.  The  B0  field  is  oriented  in  the  z  direction. 


An  accurate  field  map  is  critical  for  image  reconstruc¬ 
tion,  particularly  when  nonlinear  encoding  fields  force 
the  use  of  iterative  matrix  solvers  rather  than  the  Fourier 
transform  (14).  The  field  is  perturbed  by  external  fields 
(including  the  earth’s  magnetic  field),  and  must  be 
remapped  when  the  magnet  is  relocated.  To  quickly 
acquire  center-plane  field  maps,  a  linear  array  of  seven 
field  probes  spaced  1.5  cm  apart  was  constructed  (Fig. 
3a).  The  field  probes  are  tuned  5-mm-long,  4-mm-diame- 
ter,  18-turn  solenoids  measuring  signal  from  1-mm  capil¬ 
laries  of  CuS04-doped  water  (23).  To  acquire  a  field  map 
the  probes  are  held  stationary  while  the  magnet  is 
rotated  around  them.  Polynomial  basis  functions  are 
then  fit  to  the  measured  points  and  the  field  map  (Fig. 
3b)  is  synthesized.  The  polynomial  coefficients  up  to  6th 
order  of  one  magnet  rotation  angle  are  shown  in  Table  1. 
The  net  magnetic  field  from  the  NdFeB  magnets  is  sensi¬ 
tive  to  temperature  (on  the  order  of  4  kHz/deg  C  for  the 
Halbach  magnet)  as  well  as  interactions  with  external 
fields,  so  an  additional  field  probe  is  used  to  monitor 
field  drift  during  data  acquistion.  This  navigator  probe  is 
mounted  to  the  Halbach  array  and  rotates  with  the  mag¬ 
net.  The  measured  field  changes,  AB0,  are  then 
accounted  for  in  the  image  reconstruction. 

Acquisition  Method 

To  acquire  data,  the  magnet  is  physically  rotated  around 
the  sample  in  discrete  steps.  At  each  rotation  step,  gener¬ 
alized  projections  onto  the  nonlinear  field  are  acquired 
(similar  to  those  described  in  Schultz  et  al)  (24).  Exam¬ 


ples  of  these  projections  are  shown  in  Figure  4  for  a  sim¬ 
ple  two-sphere  phantom.  The  field  experienced  by  the 
spheres  changes  at  each  rotation  due  to  the  nonlinear 
SEM,  providing  new  information  in  each  projection. 

The  constructed  Rx  coil  array  (Fig.  5a)  consists  of  eight 
8-cm-diameter  loops  of  wire  encircling  the  FOV  on  the 
surface  of  a  14-cm-diameter  cylinder.  The  inductances  of 
the  coils  are  roughly  230  nH,  requiring  capacitors  on  the 
order  of  10  nF  (Voltronics,  Salisbury,  MD)  for  tuning. 
Geometric  decoupling  and  PIN  diode  detuning  were 
implemented  (25,26).  The  coils  are  tuned  and  matched 
to  50  Ohm  impedance  low  noise  preamplifiers  (MITEQ 
P/N  AU-1583,  Hauppauge,  NY,  USA). 

A  Tecmag  Apollo  console  with  TNMR  software  (Houston, 
TX,  USA)  was  used.  The  console  has  one  transmit  channel, 
three  gradient  channels,  and  one  receive  channel.  Because 
the  programmable  gradient  analog  outputs  are  not  needed  for 
gradient  coils,  they  are  used  for  other  purposes.  For  example, 
the  Gz  gradient  output  is  used  to  control  the  stepper  motor 
for  magnet  rotation.  The  fact  that  the  console  only  has  1 
receive  channel  means  that  true  parallel  imaging  cannot  be 
performed.  Instead,  the  receive  channel  is  switched  between 
the  coils  in  the  array,  acquiring  data  serially.  The  Gx  gradient 
output  along  with  a  RelComm  Technologies  (Salisbury,  MD, 
USA)  relay  and  Arduino  UNO  board  are  used  to  switch 
between  the  receive  coils.  Although  preamp  decoupling  has 
not  been  implemented  yet,  data  is  being  acquired  from  one 
coil  at  a  time,  permitting  the  other  receive  coils  to  be  detuned 
to  prevent  coupling. 

Two  scanner  coordinate  systems  are  defined  because 
the  object  and  RF  coils  remain  stationary  while  B0  is 


Table  1 

Polynomial  Composition  of  Halbach  Magnet  SEM  in  Hz/cm(m+n)a 
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m=4 
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m=6 

z°y°  :  3.3e6 
zV  :  -62 
z°y2  :  164 
z°y3  :  3.9 
z°y4  :  0.95 
z°y5  :  -3.9e-3 
z°y6  :  9.2e-3 

zY  :  -89 
zV  :  104 
zY  :  -13.3 
zY  :  6.5 
zY  :  0.21 
zY  :  -6.6e-2 

z2y°  :  -274 
z2y1  :  -8.3 
z2y2  :  -0.53 
z2y3  :  4.4e-2 
z2y4  :  -1 ,9e-2 

z3y°  :  1 .9 
zY  :  -1-7 
z3y2  :  -0.12 
z3y3  :  -2.3e-2 

z4y°  :  1.1 e-2 
zY  :  -4.6e-2 
z4y2  :  0.11 

z®y°  :  2.4e-2 
zY  :  -1.8e-3 

z®y°  :  9.2e-3 

aThe  calculated  polynomial  coefficients  composing  the  z-y  plane  (2D  imaging  plane)  of  the  Halbach  spatial  encoding  field  are  shown. 
Measured  points  from  the  linear  array  of  field  probes  (Fig.  3)  were  used  for  this  sixth  order  polynomial  fit. 
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FIG.  3.  a:  Linear  array  of  seven  NMR  field  probes  used  for  mapping  the  static  magnetic  field.  The  probes  are  held  stationary,  while  the 
magnet  is  rotated  around  them  and  points  on  the  2D  center  plane  are  sampled,  b:  Measured  field  map  for  the  center  transverse  slice 
through  the  magnet  after  fitting  6th  order  polynomials  to  the  probe  data.  The  black  dots  mark  the  location  of  the  probe  measurements. 
The  field  is  plotted  in  MHz  (proton  Larmor  frequency).  This  field  distribution  serves  as  the  SEM  information  used  in  image 
reconstruction. 


rotated.  The  rotating  coordinate  system  of  the  magnet 
and  the  spins  is  defined  as  x7,  y7,  z7  (examples  shown  in 
Fig.  6b),  and  the  fixed  coordinate  system  for  the  coils 
and  objects  is  defined  as  x,  y,  z  (shown  in  Figs.  1,2). 
Image  reconstruction  requires  accurate  knowledge  of 
the  coil  sensitivity  map,Cg,r(x)-  Here  the  index  q  refers 
to  the  coil  channel  and  r  to  the  rotation  position  of  the 
magnet.  The  coil  sensitivity  map  is  different  for  each 
rotation  position  because  is  formed  from  a  projec¬ 
tion  of  the  coil’s  Bt  field  onto  the  x'-y7  plane  (which 
rotates  with  the  magnet).  In  conventional  MRI,  B2~  is 
mapped  by  imaging  a  phantom  with  fully  sampled 
encoding  by  the  gradient  waveforms.  However,  this 
approach  is  not  possible  with  our  encoding  scheme 
because  knowledge  of  Cgr(x)  is  necessary  to  form  an 
image  without  aliasing. 

Because  of  the  difficulty  of  measuring  B on  our 
scanner,  we  use  estimated  B2~  maps.  Magnetostatic 
approximations  are  suitable  at  the  3.29  MHz  Larmor  fre¬ 
quency,  so  Bt  of  the  individual  coils  was  modeled  with 
Biot-Savart  calculations.  By  symmetry,  the  x  component 
of  the  circular  surface  coils’  B2  is  zero  in  the  center 
plane  FOV.  The  x7  component  of  B0  is  also  nearly  zero 
because  of  the  geometry  of  the  magnet.  So  the  coil  sensi¬ 
tivity  calculation  reduces  to  a  two  dimensional  problem, 


because  only  the  B2  component  perpendicular  to  B0  con¬ 
tributes  to  the  sensitivity  map. 

To  calculate  the  coil  sensitivity  map  for  each  rotation 
(r),  the  B2  component  parallel  to  B0r  (the  B0  vector  for 
rotation  r)  is  subtracted  and  we  are  left  with  the  perpen¬ 
dicular  component. 

B±t  =  B1-(B1-B0r)B0r.  [1] 

The  phase  is  equal  to  the  angle,  0r,  between  B^r  and  B0r, 
which  will  either  be  +90°  or  —90°  due  to  the  symmetry 
properties  discussed  above.  The  variation  in  a  single  coil’s 
B{~  as  a  function  of  B0  angle  is  illustrated  in  Figure  6a, b, 
and  the  Bt~  magnitude  for  four  coils  and  a  single  B0  angle 
is  shown  in  Figure  6c.  When  B0  points  along  the  normal 
to  the  coil,  the  sensitivity  profile  resembles  a  “donut”  pat¬ 
tern  with  low  sensitivity  in  the  center  of  the  FOV.  Maxi¬ 
mum  signal  sensitivity  occurs  when  B0  is  oriented 
orthogonal  to  the  normal  vector  of  the  coil  loop. 

Similar  to  single-sided  imaging  methods  (7),  echo  for¬ 
mation  requires  the  use  of  spin  echo  sequences  in  the 
presence  of  the  inhomogeneous  field.  The  T2*  of  the  sig¬ 
nal  is  short  due  to  the  static  SEM  and  it  is  impossible  to 
do  the  equivalent  of  gradient  echo  refocusing  because  the 
sign  of  the  SEMs  cannot  be  quickly  switched.  However, 


FIG.  4.  Schematic  depiction  of 
the  generalized  projections  (bot¬ 
tom  row)  of  an  object  onto  the 
rotating  SEM  field.  The  object 
consists  of  two  water-filled 
spheres  depicted  as  dashed 
black  lines  which  are  superim¬ 
posed  on  the  Halbach  magnet’s 
SEM  field  at  a  few  rotations 
(black  arrow  depicts  B0  orienta¬ 
tion).  The  NMR  spectrum  was 
acquired  with  a  single  volume  Rx 
coil. 
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FIG.  5.  a:  Photo  of  the  eight-channel  receiver  array  coil  with  3D  printed  disk-phantom  at  isocenter.  The  14-cm-diameter  array  is  made 
up  of  eight,  8-cm  loops  overlapped  to  reduce  mutual  inductance,  b:  Relative  voxel  size  is  illustrated  as  a  function  of  radius  from  the 
center  using  two  rotations  of  the  magnet’s  SEM  (field  isocontour  lines  illustrated  in  figure).  Symmetry  of  the  isocontours  causes  aliasing 
of  each  voxel  through  the  origin.  Using  the  local  sensitivity  profiles  of  an  encircling  array  of  coils,  the  correct  location  of  each  signal 


source  in  the  FOV  can  be  resolved,  (adapted  from  (28))  (C)  Photo  of 

the  encoding  can  be  repeated  and  averaged  to  improve 
SNR  in  a  spin-echo  train,  which  does  refocus  the  SEM. 
Unlike  in  high-field  systems,  the  specific  absorption  rate 
(SAR)  from  the  consecutive  180°  pulses  is  negligible 
because  of  the  low  excitation  frequency  (3.29  MHz). 

Unlike  conventional  MRI  scanners,  the  B0  field  of  the 
Halbach  magnet  is  oriented  radially  instead  of  along  the 


the  25  turn,  20-cm  diameter,  25-cm  length  solenoid  transmit  coil. 

bore  of  the  magnet.  This  means  that  in  order  for  B2+  to 
be  orthogonal  to  B0  at  all  rotations,  it  should  be  directed 
along  the  cylindrical  axis  of  the  Halbach  magnet.  This 
makes  a  solenoid  more  suitable  than  a  birdcage  coil  for 
radiofrequency  (RF)  excitation.  The  constructed  sole¬ 
noid,  shown  in  Figure  5c,  has  a  20-cm  diameter  and  a 
25-cm  length.  N  =  25  turns  of  AWG  20  was  chosen  as  a 


FIG.  6.  Biot-Savart  calculation  of  the  sensitivity  map  of  the  Rx  coil  array.  The  white  arrows  show  representative  orientations  of  B0,  which 
define  the  spin  coordinate  system  orientation  (x',  y',  z').  Image  reconstruction  requires  accurate  coil  sensitivity  profiles  for  each  B0  angle 
used  in  the  experiment.  a,b:  B-,~  magnitude  and  phase  for  a  single  representative  surface  coil  located  at  the  right  side  of  the  FOV  (position 
marked  with  white  line).  Because  of  the  symmetry  of  the  coils’  at  isocenter,  the  coils’  x'  component  is  approximately  zero,  and  the  process 
of  taking  the  projection  onto  thex'-y'  plane  (to  solve  for  B-,~)  will  produce  a  vector  parallel  or  antiparallel  to  y'.  Therefore,  the  B{~  phase  is 
always  +90°  or  -90°  in  the  depicted  transverse  isocenter  plane,  c:  Bf  magnitude  of  four  different  coils  of  the  array  (marked  with  white 
lines)  for  a  single  magnet  rotation  position. 
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reasonable  value  in  the  tradeoff  between  B2+  homogene¬ 
ity  and  parasitic  capacitance  from  closely  spaced  wind¬ 
ings.  The  70  uH  Tx  coil  is  tuned  to  3.29  MHz  with  eight 
230  pF  series  capacitors  distributed  along  the  length  of 
the  solenoid,  which  reduces  the  susceptibility  to  stray 
capacitance.  Because  the  static  SEM  field  is  “always  on”, 
the  transmit  coil  must  have  a  relatively  low  Q  to  excite  a 
wide  bandwidth  of  spins.  The  Q  of  the  coil  is  approxi¬ 
mately  60  corresponding  to  a  55  KHz  bandwidth.  A  1 
KW  power  amplifier  (Tomco,  Stepney,  SA,  Australia)  is 
used  to  produce  short  600  W  pulses  for  broadband  exci¬ 
tation  (25  |xs  for  90°  pulses  and  50  |xs  for  180°  pulses). 

PIN  diode  detuning  is  used  in  the  transmit  and 
receiver  coils  to  prevent  coil  interaction  (25).  The  tun¬ 
ing/matching  circuits  are  constructed  so  that  the  transmit 
coil  is  tuned  and  the  receive  coils  are  detuned  when  the 
pin  diodes  are  forward  biased  with  console  controlled 
DC  voltage.  The  converse  is  true  when  the  diodes  are 
reverse  biased  (Tx  coil  detuned  and  Rx  coils  tuned). 


Reconstruction  Method 

The  Halbach  magnet’s  spatial  encoding  field  is  approxi¬ 
mately  quadrupolar  and,  therefore,  produces  a  nonbijec- 
tive  mapping  between  object  space  and  encoding  space. 
This  encoding  ambiguity  leads  to  aliasing  in  the  image 
through  the  origin.  As  described  by  Hennig  et  al  (13), 
parallel  imaging  with  encircling  receive  coils  can  be 
used  to  disambiguate  the  nonbijective  mapping.  This  is 
possible  because  the  coil  sensitivity  profiles  provide 
additional  spatial  encoding  that  localizes  signal  within 
each  source  quadrant  of  the  FOV,  eliminating  aliasing. 
This  idea  is  illustrated  in  Figure  5b.  This  specific  imple¬ 
mentation  of  the  portable  scanner  closely  resembles  the 
case  of  PatLoc  imaging  with  quadrupolar  fields  and  a 
radial  frequency-domain  trajectory  (28).  However,  the 
measured  Halbach  SEM  is  not  purely  quadrupolar,  and 
the  presence  of  arbitrary  field  components  prevents  the 
decomposition  of  the  rotating  SEM  into  linear  combina¬ 
tions  of  two  orthogonal  encoding  fields.  For  this  reason, 
the  direct  back-projection  reconstruction  method 
described  in  Schultz  et  al  (28)  is  not  valid,  and  iterative 
matrix  methods  such  as  those  described  in  Stockmann 
et  al  (29)  are  used. 

The  discretized  signal  acquired  by  a  coil  [q]  at  a  given 
magnet  rotation  (r)  at  time  n  can  be  described  as 

sq,r(n)  =  J2  Cq,r(x)e-i2l,k{r*’n)m(x)  [2] 

X 

where  m(x)  is  the  magnetization  of  the  object  at  location 
vector  x,  Cgr(x)  is  the  complex  sensitivity  of  the  coil  at 
location  x,  and  Jc(r,  x,  n)  is  the  evolved  phase  from  the  non¬ 
linear  gradient  at  rotation  r,  location  x,  and  time  n.  The 
exponential  term  and  coil  sensitivity  term  can  be  grouped 
together  to  form  the  encoding  function  encq:r(x ,  n ). 

Sq,r(n)  =  'Ll  encv{x,  n)m(x)  [3] 

X 

The  matrix  form  of  this  signal  equation  for  a  single 
projection  readout  acquired  with  one  RF  coil  is 
simply 


Sqr  —  Egrim  [4] 

The  acquired  signal,  Sq>r,  is  a  vector  made  up  of  the 
sampled  readout  points  (Nsmp).  The  object  that  we  are 
solving  for,  m,  is  a  vector  made  up  of  all  the  image  vox¬ 
els  (Nvox).  The  encoding  matrix,  Eqr,  contains  the 
evolved  phase  of  each  voxel  in  the  FOV  for  each  time 
point  in  the  acquisition  as  well  as  the  coil  sensitivity 
multiplier.  With  linear  gradient  fields,  E  is  made  up  of 
the  sinusoidal  Fourier  basis  set,  which  allows  the  image 
to  be  reconstructed  using  radial  back-projection,  k-space 
re-gridding,  and  other  approaches.  In  the  nonlinear  SEM 
case,  E  is  more  complicated,  but  can  be  calculated  from 
the  measured  field  maps.  Before  the  appropriately 
rotated  field  map  is  used  to  calculate  the  phase  evolu¬ 
tion,  the  field  change  captured  by  the  navigator  probe 
during  the  acquisition  is  added  as  a  global  offset. 

A  separate  block  of  the  encoding  matrix,  Eq?r  is  calcu¬ 
lated  for  the  data  acquired  by  each  coil  at  each  rotation. 
There  will  be  a  total  of  R*C  blocks  (where  R  is  total 
number  of  rotation  and  C  is  the  total  number  of  coils), 
which  are  vertically  concatenated  to  form  the  full  encod¬ 
ing  matrix,  E.  S  is  also  made  up  of  vertically  concaten¬ 
ated  subparts,  Sqr,  which  are  the  signals  acquired  from 
each  coil  at  each  rotation. 

To  reconstruct  the  image  from  the  acquired  data,  the 
object,  m,  can  be  found  by  inverting  the  matrix,  E.  How¬ 
ever,  the  full  encoding  matrix  size  is  Nsmp  *R*C  x  Nvox. 
In  the  typical  case  of  256  readout  points,  181  rotations, 
eight  coils,  and  a  256  x  256  voxel  reconstructed  image, 
the  full  matrix  size  is  371K  x  65K.  Because  it  is  not  com¬ 
putationally  feasible  to  invert  this  matrix,  iterative  meth¬ 
ods  such  as  the  Conjugate  Gradient  method  (30)  and  the 
Algebraic  Reconstruction  Technique  (31,32)  can  be  used 
to  solve  for  the  minimum  norm  least  squares  estimator  of 
m.  The  generality  of  this  approach  allows  arbitrary  field 
shapes  and  coil  profiles  as  well  as  systematic  errors  such 
as  temperature-dependent  field  drifts  to  be  incorporated 
into  the  encoding  matrix. 

The  reconstructed  images  and  simulations  shown  here 
were  done  using  the  Algebraic  Reconstruction  Tech¬ 
nique.  The  encoding  matrix  was  calculated  line  by  line 
during  the  reconstruction  using  the  appropriately  rotated 
and  temperature  drift-corrected  field  map  and  the  calcu¬ 
lated  coil  sensitivity  profiles  for  the  given  B0  direction. 
To  demonstrate  the  importance  of  temperature  drift 
compensation,  a  phantom  image  was  also  reconstructed 
with  an  uncorrected  encoding  matrix.  The  field  of  view 
of  the  images  is  16  cm  and  the  in-plane  voxel  size  is 
0.625  mm. 

Phantom  Imaging  Methods 

Images  of  a  “MIT/MGH”  phantom  were  acquired  both 
with  a  single  channel  solenoid  Rx  coil  and  with  seven 
coils  of  the  Rx  array.  The  3D  printed  polycarbonate 
phantom  is  1.7-cm  thick  with  a  13-cm  diameter,  and  is 
filled  with  CuS04-doped  water.  Thirty-two  averages  of  a 
six  spin-echo  train  (TR  =  550  ms,  echo-spacing  =  8ms) 
were  acquired  for  91  rotation  angles  over  180  degrees. 
Navigator  field  probe  data  was  also  acquired  at  each  rota¬ 
tion.  The  coil  array’s  lengthy  acquisition  time  of  66  min 
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FIG.  7.  Experimental  256  x  256  voxel,  16-cm  FOV  images  of  a  3D  printed  phantom  with  CuS04  doped  water  occupying  the  interior  of 
the  letters  and  polycarbonate  plastic  surrounding  it.  The  phantom  has  a  13-cm  diameter  and  is  1.7  cm  thick.  91  magnet  rotations 
spaced  2°  apart  were  used,  readout  bandwidth/Npts  =  40  KHz/256,  TR  =  550  ms,  spin-echo  train  length  =  6  or  16,  with  8  ms  echo¬ 
spacing.  Echoes  in  the  spin-echo  train  for  a  given  rotation  were  averaged,  a:  Image  acquired  with  solenoid  Rx  coil  (32  averages  of  a  6 
spin-echo  train),  b:  Image  acquired  with  seven  coils  of  the  Rx  coil  array  (8  averages  of  a  16  spin-echo  train).  Temperature  drift  was  not 
corrected  for.  c:  Image  from  same  data  as  (B),  but  with  temperature  drift  correction  implemented. 


results  from  multiplexing  a  single  console  receiver  and 
would  be  reduced  to  7.3  min  by  acquiring  data  from  all 
channels  and  the  field  probe  in  parallel. 

A  1-cm-thick  lemon  slice  was  imaged  using  only  the 
bottom  five  surface  coils  with  181  1°  rotations.  The  total 
acquisition  time  was  93  minutes  (15.5  min  if  surface 
coils  and  navigator  probe  were  acquired  in  parallel).  A 
single  average  of  a  128  echo  train  at  each  rotation  pro¬ 
vided  sufficient  SNR.  Each  echo  was  recorded  as  256  pts 
with  a  40  KHz  BW  (TR  =  4500  ms,  echo  spacing  =  8 
ms).  For  comparison,  the  lemon  image  was  also  recon¬ 
structed  using  only  91  rotations  of  181  acquired  rotations 
in  addition  to  the  full  reconstruction. 

Image  Simulation  Methods 

The  described  acquisition  method  was  simulated  using 
the  measured  field  map  from  the  central  slice  of  the  Hal- 
bach  magnet.  Images  were  simulated  using  a  high  resolu¬ 
tion  Ta  brain  image  or  a  numerically  generated 
checkerboard  with  2.5-mm  grid  size  as  the  “object.”  The 
measured  field  map  and  calculated  coil  profiles  of  the 
eight  coil  array  were  used  in  the  forward  model  to  gener¬ 
ate  the  simulated  data.  In  one  simulation,  an  artificial 
field  map  was  used  to  simulate  the  addition  of  a  linear 
field  component  to  measured  SEM.  Complex  noise  was 
added  to  the  simulations  to  match  noise  levels  observed 
in  comparable  phantom  projection.  These  simulations 
were  done  with  the  same  sequence  parameters  of  the 
lemon  image:  181  1°  magnet  rotations,  256  pt  readout,  40 
KHz  BW,  echo  spacing  =  8  ms. 

RESULTS 

Experimental  images  of  the  3D  printed  “MIT/MGH” 
phantom  are  shown  in  Figure  7.  The  image  acquired 
with  the  solenoid  coil  used  in  transmit/receive  mode  is 
shown  in  Figure  7a.  Only  the  “MGH”  part  of  the  phan¬ 
tom  was  filled  at  the  time,  so  the  top  half  of  the  image 
should  ideally  be  empty.  Instead  the  expected  aliasing 
pattern  is  seen  through  the  center  onto  frequency 


matched  quadrants  of  the  FOV.  The  aliased  image  is 
markedly  more  blurry  than  one  would  expect  for  a 
purely  quadrupolar  field,  which  maps  all  signals  sym¬ 
metrically  about  the  center  during  reconstruction.  This 
discrepancy  likely  arises  due  to  the  presence  of  first- 
order  and  higher-order  field  terms  which  perturb  the 
symmetry  of  the  dominant  quadrupolar  field. 

The  importance  of  monitoring  and  correcting  for  field 
drift  due  to  temperature  is  emphasized  by  comparing 
Figure  7b  and  Figure  7c  which  show  images  with  and 
without  temperature  drift  correction.  The  drift  correction 
is  achieved  by  monitoring  the  frequency  seen  by  the  nav¬ 
igator  field  probe  which  rotates  with  the  magnet.  This 
probe’s  frequency  is  ideally  independent  of  the  rotation 
angle  during  the  acquisition,  but  varies  due  to  two 
causes.  First,  small  changes  in  room  temperature  trans¬ 
late  to  a  global  scaling  of  the  Halbach  array’s  magnetiza¬ 
tion  and  thus  the  central  B0.  With  no  attempt  to  insulate 
or  stabilize  the  magnet’s  temperature,  changes  up  to  0.4 
°C  and  1.6  KHz  were  observed  over  an  hour.  The  second 
cause  for  the  fixed  probe’s  change  in  field  as  a  function 
of  rotation  is  due  to  the  changing  vector  sum  of  the 
earth’s  field  and  the  Halbach  field.  This  effect  creates  a 
peak-peak  variation  of  3.7  kHz  for  the  magnet  location 
and  orientation.  This  effect  must  also  be  incorporated  in 
the  encoding  matrix.  Even  though  field  drift  correction  is 
applied  to  Figure  7c,  some  of  the  letters  are  sharper  than 
others;  this  is  likely  attributable  to  field  map 
inaccuracies. 

The  1-cm  lemon  slice  images  are  seen  in  Figure  8.  The 
use  of  five  of  eight  coils  of  the  receive  array  prevents  ali¬ 
asing  in  the  image,  but  center  blurring  is  more  pro¬ 
nounced  in  these  images  than  in  the  simulations  (Fig.  9). 
Figure  8a  was  reconstructed  using  half  of  the  rotations 
angles  of  Figure  8b,  resulting  in  poorer  image  quality 
and  streaking  artifacts. 

Figure  9  shows  an  encoding  and  reconstruction  simu¬ 
lation  using  a  typical  high  field  Ta-weighted  brain  MRI 
as  the  imaging  object  (Fig.  9a).  Noise  was  added  to  the 
object  model  to  simulate  the  lower  SNR  of  the  low  field 
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FIG.  8.  Experimental  256  x  256 
voxel,  16-cm  FOV  image  of  a  1- 
cm  thick  slice  of  lemon  placed 
off  axis  in  the  magnet.  Five 
receiver  coils  of  the  array  were 
used  to  acquire  one  average  of 
a  128  spin-echo  train,  readout 
bandwidth/Npts  =  40  KHz/256, 
TR  =  4500  ms,  echo-spacing  = 
8  ms.  a:  91  magnet  rotations 
spaced  2°  apart  were  used  (b) 
181  magnet  rotations  spaced  1° 
apart  were  used. 


scanner.  Figure  9b  shows  a  simulated  image  using  the 
measured  encoding  field  of  Halbach  magnet.  There  is  no 
aliasing  in  the  image  because  the  calculated  coil  sensitiv¬ 
ity  profiles  of  the  eight  channel  Rx  array  were  used. 
However,  there  is  blurring  in  the  center  which  coincides 
with  the  shallow  region  of  the  nonlinear  gradient  field. 
The  center  blurring  in  Figure  9c  is  reduced  because  the 
image  was  simulated  using  an  artificial  field  map  that 
consists  of  our  measured  SEM  plus  an  additional  linear 
field  of  500  Hz/cm.  The  simulation  of  the  2.5-mm  grid 
numerical  phantom  (Fig.  9d)  shows  the  ultimate  resolu¬ 
tion  possible  with  the  existing  experimental  protocol  in 
the  absence  of  systematic  errors.  Outstanding  resolution 
at  the  periphery  gradually  gives  way  to  a  blurry  central 
region. 

DISCUSSION 

As  expected,  the  nonbijective  mapping  of  the  Halbach 
magnet’s  SEM  results  in  aliasing.  Fortunately,  as 


described  in  Hennig  et  al  (13)  the  aliasing  is  resolved 
by  the  addition  of  a  multichannel  receive  array  with 
differing  spatial  profiles  and  an  appropriate  geometry. 
Because  the  Halbach  encoding  is  dominated  by  the 
quadrupolar  “PatLoc”  SEM,  the  system’s  spatially  vary¬ 
ing  voxel  size  changes  approximately  as  c/p  within  the 
FOV,  where  p  is  the  radius  and  the  constant  c  depends 
on  the  strength  of  the  SEM  and  the  length  of  the  read¬ 
out  (27).  This  means  that  our  Halbach  magnet  encoding 
field  results  in  higher  resolution  at  the  periphery  due 
to  the  uniform  nature  of  the  SEM  near  the  center  of 
the  FOV.  This  center  blurring  is  seen  in  both  the 
experimental  images  in  Figure  8  and  the  simulations  in 
Figure  9. 

While  we  did  not  attempt  to  control  the  precise  spheri¬ 
cal  harmonic  distribution  in  the  magnet  design,  future 
work  will  likely  benefit  from  shimming  the  magnet  to 
obtain  a  more  desirable  SEM.  For  example,  if  a  sufficient 
linear  term  were  added,  the  uniform  encoding  field  region 
would  not  lie  on-axis  with  the  rotation.  In  this  case, 


FIG.  9.  Simulated  images  using  the  calculated  sensitivity  profiles  of  the  eight  coil  Rx  array  to  generate  the  forward  model  for  181  1° 
rotations  of  the  encoding  field,  6.4  ms,  256  point  readouts.  The  data  seen  by  the  Halbach  scanner  was  simulated  by  processing  this 
“object”  through  the  forward  model  and  adding  noise  to  make  it  consistent  with  the  SNR  of  the  time-domain  signals  measured  in  a 
water  phantom.  The  model  data  was  then  reconstructed  using  the  Algebraic  Reconstruction  Technique  in  a  16-cm  FOV.  a:  Reference 
high  resolution  3T  T-i  weighted  brain  image  used  as  the  model  object.  Note:  the  SEMs  were  scaled  to  the  brain  FOV.  b:  Simulated 
reconstruction  using  the  measured  SEM  to  generate  the  forward  model,  c:  Simulated  reconstruction  using  the  measured  SEM  with  the 
additional  artificial  linear  field  component  (500  Hz/cm),  d:  Simulated  reconstruction  of  a  2.5-mm  grid  numerical  phantom.  Only  one 
quadrant  of  the  FOV  is  shown,  the  center  of  the  FOV  is  marked  with  white  cross-hairs  in  the  upper  right. 
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which  is  simulated  in  Figure  9c,  the  “blind-spot”  would 
move  around  the  object  allowing  some  rotations  to  con¬ 
tribute  to  encoding  of  any  given  pixel,  as  previously 
explored  in  “O-space  imaging”  (14).  Pursuing  this  strategy 
even  further  would  result  in  a  SEM  containing  only  a  lin¬ 
ear  term.  In  this  case,  the  encoding  becomes  very  similar 
to  a  radial  imaging  scheme  with  conventional  gradients, 
and  to  the  strategy  proposed  by  Cho  et  al.  who  used  a 
rotating  gradient  coil  in  a  conventional  magnet  (12).  With 
accurate  field  mapping  instrumentation  and  shimming 
software,  we  suspect  that  the  magnet  could  be  shimmed 
to  a  more  desirable  SEM.  Although  a  linear  SEM  would 
eliminate  the  encoding  hole  and  allow  a  more  straightfor¬ 
ward  reconstruction  method,  there  are  advantages  to 
second-order  SEMs,  including  the  coincidence  of  the  high 
spatial  resolution  area  and  high  coil  sensitivity  area  near 
the  edge  of  the  FOV. 

The  lemon  images  of  Figure  8  show  that  when  91  pro¬ 
jection  rotations  are  used  instead  of  181,  a  radial  streak¬ 
ing  artifact  is  visible.  The  streaking  artifacts  are 
consistent  with  those  arising  in  conventional  under¬ 
sampled  radial  trajectories  played  by  linear  SEMs  as 
well  as  undersampled  radial  trajectories  played  by  Pat- 
Loc  SEMs  (27).  It  has  been  shown  that  the  use  of  total 
variation  and  total  generalized  variation  priors  during 
reconstruction  suppresses  streaking  artifacts  in  under¬ 
sampled  conventional  radial  (33)  and  PatLoc  radial  (34) 
acquisitions.  Similar  techniques  may  be  pursued  in 
future  work  to  suppress  streaking  in  images  obtained 
with  fewer  projection  rotations  of  our  scanner. 

The  simulations  in  Figure  9  show  the  theoretical 
resolution  of  the  scanner  when  systematic  errors  are 
eliminated.  These  errors  are  most  likely  a  result  of  field 
map  and  coil  sensitivity  profile  inaccuracies,  which  are 
critical  to  the  iterative  reconstruction  (14).  The  current 
coil  sensitivity  profiles  facilitate  proof-of-concept 
reconstructions,  but  their  fidelity  is  suspect  because 
they  were  calculated  rather  than  measured.  In  these  cal¬ 
culations  the  magnetostatic  Biot  Savart  approximation 
was  used  with  no  external  structures  present.  While 
wavelength  effects  in  the  body  are  not  expected  at  this 
frequency,  the  close  proximity  of  the  conducting  mag¬ 
nets  and  other  coils  might  perturb  the  experimental 
fields.  Additionally,  a  2D  field  map  is  currently  used  to 
reconstruct  thin  samples  (1  to  1.5  cm  thick),  but  field 
variation  does  exist  in  the  x  direction  (along  the  axis  of 
the  Halbach  cylinder)  within  the  sample  thickness. 
This  causes  through-plane  dephasing  and  must  be 
incorporated  into  the  encoding  matrix  based  on  a  3D 
field  map. 

Field  map  errors  arise  from  temperature  drifts  which 
are  significant  on  the  time  scale  of  the  imaging  and  map¬ 
ping  acquisitions.  We  have  shown  that  any  uncorrected 
temperature  drift  causes  substantial  blurring  in  the  image 
(Fig.  7b).  Temperature  drift  is  a  pervasive  problem  in 
permanent  magnet  MRI  and  has  been  addressed  in  sev¬ 
eral  ways.  In  the  current  experimental  protocol  the  fre¬ 
quency  at  a  fixed  point  is  measured  at  every  rotation  and 
the  drift  is  built  into  the  encoding  matrix  as  a  global  off¬ 
set  to  the  field  maps.  This  method  reduces  blurring  con¬ 
siderably  (Fig.  7c),  but  other  options  have  been  proposed 
for  permanent  magnet  NMR  and  MRI  that  may  offer 


higher  encoding  matrix  accuracy.  For  example,  Rose  and 
Haishi  (1)  describe  the  implementation  of  a  NMR  lock 
method  plus  thermal  insulation.  Additionally,  a  new 
Halbach  design  was  recently  reported  which  uses  two 
types  of  magnet  materials  with  different  temperature 
coefficients  to  substantially  reduce  the  effect  of  tempera¬ 
ture  changes  on  the  B0  field  (35).  When  compared  with 
an  uncompensated  SmCo  magnet,  this  reduced  their  tem¬ 
perature  coefficient  100-fold,  bringing  the  field  drift 
down  to  10  ppm  for  a  3°C  temperature  change.  However 
this  method  has  the  disadvantage  of  producing  a  lower 
field  and  requiring  more  magnet  material  than  the  tradi¬ 
tional  design. 

For  time-efficient  acquisitions,  true  parallel  imaging 
will  be  needed.  To  accomplish  this  goal,  a  multichannel 
receiver  console  is  required,  as  well  as  the  implementa¬ 
tion  of  preamp  decoupling.  This  is  advantageous  for 
practical  diagnostic  reasons  and  will  also  alleviate  the 
field  drift  problem  by  shortening  acquisition  times.  In 
addition  to  multiple  channels,  future  prototypes  must  be 
made  larger  to  accommodate  the  human  head.  Although 
the  head  can  be  fit  into  the  presented  magnet,  its  36-cm 
diameter  does  not  leave  sufficient  room  for  the  transmit 
and  receive  arrays  as  well  as  the  structural  supports  for 
the  magnetic  material.  Construction  of  a  larger  diameter 
magnet  with  the  same  basic  design  will  result  in  a 
reduced  B0  field,  although  this  could  be  mitigated  by 
adding  more  magnet  material  and/or  higher  grade  mate¬ 
rial.  The  current  B0  field  of  77.3  mT  is  estimated  to 
decrease  to  62  mT  if  the  diameter  is  increased  to  40  cm. 
However  if  24  N45  NdFeB  magnet  rungs  are  used  instead 
of  20  N42  rungs,  a  field  of  80  mT  is  theoretically  achiev¬ 
able.  The  standard  landmark  for  brain  imaging  (between 
the  eyebrows)  is  18  cm  above  the  shoulders.  The  pre¬ 
sented  Halbach  magnet  was  designed  using  the  maxi¬ 
mum  cylinder  length  that  allows  the  brain  to  be  centered 
in  the  magnet  (2  x  18  cm).  Future  magnet  designs  will 
likely  adhere  to  this  constraint  because  increasing  the 
length  of  the  magnet  requires  increasing  the  bore  size  to 
fit  shoulders,  which  would  result  in  a  considerably 
weaker  B0. 

In  the  described  experiments  the  B0  field  rotates  rela¬ 
tive  to  the  receiver  coils  (coils  are  stationary),  which 
causes  the  shape  of  the  coil  profiles  to  change  with  each 
acquisition  angle.  However  this  arrangement  is  not  a 
requirement  for  rotating  SEM  imaging,  and  in  theory  the 
receiver  coils  could  rotate  with  the  magnet.  In  this  case, 
the  coil  sensitivity  profiles  are  simply  rotated  for  each 
acquisition  angle,  but  the  shapes  of  profiles  do  not 
change.  Data  acquisition  with  rotating  coils  and  station¬ 
ary  coils  was  simulated.  However,  there  was  not  a  signif¬ 
icant  difference  in  performance  in  either  the  visual 
appearance  of  the  reconstructed  images  or  the  RMSE 
(root  mean  squared  error).  For  data  simulated  with  91 
magnet  rotations  there  was  a  0.2%  RMSE  improvement 
when  using  the  rotating  coil  profiles,  and  for  data  simu¬ 
lated  with  23  magnet  rotations  (undersampled)  there  was 
a  3.6%  RMSE  improvement.  This  suggests  that  rotating 
the  coil  array  may  improve  performance  when  data  is 
undersampled.  The  23  rotation  simulated  images  are 
included  in  the  supplemental  material.  The  rotating 
receive  coil  case  is  similar  to  the  RRFC  (Rotating  RF 
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Coils)  method  described  in  Trakic  et  al  and  Li  et  al 
(36,37),  where  continuously  rotating  surface  coils  are 
used  in  a  conventional  magnet  for  parallel  imaging. 

The  goal  of  the  current  work  was  to  provide  a  proof-of- 
principle  that  the  basic  2D  encoding  scheme  can  be  per¬ 
formed,  which  was  demonstrated  with  2D  imaging  of 
thin  samples.  However,  the  addition  of  third  axis  encod¬ 
ing  is  an  obvious  requirement  for  medical  applications. 
A  promising  possibility  for  encoding  the  third  dimension 
(along  the  axis  of  rotation)  is  TRASE  (15,16).  TRASE 
uses  custom-designed  RF  coils  to  generate  uniform 
amplitude  but  linear  B2+  phase  variation  along  the 
encoding  axis.  Spatial  encoding  is  achieved  using  at 
least  two  Tx  coils  with  different  phase  gradients  (typi¬ 
cally  differing  by  their  sign).  Spin-echo  trains  are  used 
in  which  the  linear  phase  variation  is  changed  by  180 
degrees  in  between  successive  refocusing  pulses.  As  the 
sign  of  the  refocusing  pulse  is  flipped  over  the  course  of 
the  echo  train,  k-space  is  traversed  one  echo  at  a  time. 
The  resolution  depends  on  the  number  of  echoes  used 
and  the  slope  of  the  transmitted  B2  phase  ramp  across 
the  FOV  (16).  The  approach  is  synergistic  with  the  echo 
trains  used  in  the  presented  encoding  scheme  for  pur¬ 
poses  of  signal  averaging.  Furthermore,  at  low  field, 
TRASE  spin-echo  trains  do  not  suffer  from  the  SAR  lim¬ 
its  that  may  impact  the  method’s  performance  at  high 
field. 

CONCLUSIONS 

Using  an  inhomogeneous  magnet  for  spatial  encoding  in 
lieu  of  gradient  coils,  we  have  constructed  and  demon¬ 
strated  a  lightweight  scanner  for  2D  MR  imaging  with 
minimal  power  requirements.  The  2D  proof-of-concept 
images  from  this  nearly  head-sized  imager  show  the 
ability  of  this  encoding  scheme  to  produce  sufficient 
spatial  resolution  and  sensitivity  for  the  detection  and 
characterization  of  many  common  neurological  disorders 
such  as  hydrocephalus  and  traumatic  space-occupying 
hemorrhages.  Future  work  in  perfecting  the  calibration 
methods  is  likely  to  bring  experimental  image  quality 
closer  to  the  theoretical  limit,  but  the  resolution  of  the 
current  system  is  sufficient  for  identifying  gross  patholo¬ 
gies.  With  the  future  implementation  of  true  parallel 
imaging  and  3D  encoding,  this  scanner  has  the  potential 
to  enable  a  truly  portable,  low-cost  brain  imaging 
device. 
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Magnetic  Resonance  Imaging  (MRI)  is  unparalleled  in  its  ability  to  visualize  anatomical  structure  and 
function  non-invasively  with  high  spatial  and  temporal  resolution.  Yet  to  overcome  the  low  sensitivity 
inherent  in  inductive  detection  of  weakly  polarized  nuclear  spins,  the  vast  majority  of  clinical  MRI 
scanners  employ  superconducting  magnets  producing  very  high  magnetic  fields.  Commonly  found 
at  1.5-3  tesla  CO#  these  powerful  magnets  are  massive  and  have  very  strict  infrastructure  demands 
that  preclude  operation  in  many  environments.  MRI  scanners  are  costly  to  purchase,  site,  and 
maintain,  with  the  purchase  price  approaching  $iM  per  tesla  (T)  of  magnetic  field.  We  present  here  a 
remarkably  simple,  non-cryogenic  approach  to  high-performance  human  MRI  at  ultra-low  magnetic 
field,  whereby  modern  under-sampling  strategies  are  combined  with  fully-refocused  dynamic  spin 
control  using  steady-state  free  precession  techniques.  At  6.5  mT  (more  than  450  times  lower  than 
clinical  MRI  scanners)  we  demonstrate  (2.5  x  3.5  X  8.5)  mm3  imaging  resolution  in  the  living  human 
brain  using  a  simple,  open-geometry  electromagnet,  with  3D  image  acquisition  over  the  entire 
brain  in  6  minutes.  We  contend  that  these  practical  ultra-low  magnetic  field  implementations  of 
MRI  (<10  mT)  will  complement  traditional  MRI,  providing  clinically  relevant  images  and  setting  new 
standards  for  affordable  (<$50,000)  and  robust  portable  devices. 


Magnetic  Resonance  Imaging  (MRI)  is  a  powerful,  non-invasive  technique  for  revealing  the  internal 
structure  and  function  of  the  human  body  with  a  rich  range  of  biological  contrasts.  Despite  considerable 
improvements  in  imaging  quality  and  speed,  the  underlying  technology  remains  remarkably  unchanged 
compared  to  the  first  generation  scanners  that  emerged  on  the  market  30  years  ago.  The  fact  that  very 
strong  magnetic  fields  are  needed  to  overcome  the  intrinsic  lack  of  sensitivity  of  NMR-based  methods 
continues  to  dominate  scanner  construction,  and  drives  both  pricing  and  scanner  siting  requirements. 
MRI  scanners  are  built  around  massive  superconducting  magnets  with  a  nominal  cost  of  $1 M  per  tesla 
of  magnetic  field.  With  1.5  tesla  (T)  and  3T  scanners  in  common  use,  and  increasing  demand  for  7  T, 
the  extreme  cost  of  these  devices  limits  the  number  of  scanners  on  site  and  requires  hospitals  to  carefully 
prioritize  patients.  Additionally,  these  massive  scanners  are  strictly  confined  to  the  MRI  suite  within  a 
hospital  thus  precluding  mobile  operation  in  many  environments  including  surgical  intervention,  triage 
and  primary  care  suites. 

Undeniably,  one  of  the  next  revolutions  in  health  care  will  center  on  cost-effectiveness.  Thus  the 
prospect  of  low-cost  (<$50,000)  but  high-performance  MRI  systems  to  complement  traditional  MRI 
scanners  is  compelling.  A  promising  solution  is  MRI  at  very  low  magnetic  field  where  scalable  electro¬ 
magnets  become  practical.  Operation  at  low  magnetic  field  enables  imaging  in  environments  where  high 
magnetic  fields  would  be  contraindicated  (such  as  in  the  presence  of  nearby  ferrous  materials),  and  raises 
the  potential  for  scanners  to  be  built  at  significantly  reduced  total  cost,  and  with  open  geometry  designs 
that  ease  patient  handling  and  positioning. 

The  unique  role  that  very  low  magnetic  field  MRI  scanners  can  play  in  neurocritical  care  was  rec¬ 
ognized  30  years  ago  in  the  pioneering  work  of  Sepponnen,  et  al .\  who  explored  the  clinical  validity  of 
brain  MRI  acquired  in  a  20  mT  scanner  located  in  a  hospital  emergency  department.  These  early  images 
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were  acquired  at  the  lowest  field  strength  reported  in  clinical  MRI  at  that  time,  and  although  limited  to 
a  single  15  mm  slice,  were  obtained  with  good  contrast  in  a  reasonable  four  minute  acquisition. 

In  an  effort  to  improve  the  performance  of  very  low  field  MRI  systems,  Macovski  and  Conolly  intro¬ 
duced  the  concept  of  pre-polarized  MRI  (also  known  as  PMRI)  in  19932,  which  employs  a  strong,  inho¬ 
mogeneous  pulsed  magnet  field  to  generate  increased  nuclear  polarization,  and  a  second  much  weaker 
homogeneous  magnetic  field  for  signal  detection.  This  PMRI  strategy  has  been  the  acquisition  strategy 
for  nearly  all  very  low  field  MRI  systems  since  its  introduction.  In  2006,  PMRI  in  human  subjects  with 
metal  implants  was  reported  in  vivo  in  human  wrists3,  where  a  0.4  T  field  was  used  for  pre-polarization, 
and  a  54  mT  field  used  for  signal  detection. 

The  ultra-low  field  (ULF)  MRI  regime  is  defined4  when  the  magnetic  field  used  for  signal  detection 
is  below  lOmT.  In  2007,  PMRI  was  demonstrated  with  detection  in  the  ULF  regime,  orders  of  magnitude 
lower  than  reported  in  Venook  et  al .3,  using  arrays  of  very  sensitive  superconducting  quantum  interfer¬ 
ence  devices  (SQUIDs)5  as  magnetometers  to  measure  the  spatially  encoded  nuclear  spin  precession6. 
Pre-polarized  cryogenic  SQUID -detected  ULF  MRI  has  been  demonstrated  in  the  human  brain  as  well 
as  in  the  human  hand  and  wrist  by  several  groups7-15.  Results  from  late  2013  demonstrate  in  vivo  2D 
images  of  the  human  brain  (pre-polarized  to  80  mT)  with  (2.5  x  1.9)  mm2  in-plane  resolution  over  a 
(10  x  10)  cm2  region  of  interest  and  a  100  mm  thick  slice,  acquired  in  ~26  minutes16.  Very  recent  results 
from  the  Los  Alamos  ULF  effort  demonstrate  3D  images  of  the  human  brain  (pre-polarized  to  lOOmT) 
with  (2.1  x  2.4  x  15)  mm3  resolution  (5  slices)  in  67 minutes15. 

Although  SQUIDs  are  the  most  technically  mature  of  the  non-inductive  magnetometers  used  at  ULF, 
several  alternative  detection  technologies  have  been  explored.  Optical  measurement  of  nitrogen-vacancy 
(NV)  color  centers  in  diamond17-19  form  the  basis  of  robust  solid-state  magnetometers  with  unmatched 
magnetic  field  sensitivity  at  nanoscale  resolutions.  As  of  yet,  however,  NV-diamond  magnetometers  do 
not  provide  obvious  benefits  for  human  scale  MRI.  Atomic  magnetometers  (AM)  have  also  been  applied 
to  pre-polarized  NMR20  and  MRI21,22,  and  improvements  in  these  devices  have  resulted  in  a  magnetic 
field  sensitivity  approaching  SQUID  performance23  without  the  need  for  cryogenics.  The  first  attempt 
at  imaging  the  living  human  brain  with  an  atomic  magnetometer  was  reported  in  20 1324.  In  this  work, 
nuclear  spins  are  pre-polarized  at  80  mT  and  detection  is  performed  at  4mT.  Despite  the  ultra-high  sensi¬ 
tivity  and  dynamic  range  of  the  AM  magnetometer,  the  setup  as  described  provides  limited  3D  coverage 
and  significant  improvement  in  resolution  and  SNR  (Signal-to-Noise  Ratio)  is  needed  in  order  to  clearly 
discern  anatomical  features,  which  will  inevitably  increase  the  acquisition  time. 

Independent  of  which  detection  technology  is  used,  all  pre-polarized  ULF  MRI  suffers  from  intrin¬ 
sically  long  acquisition  times,  most  of  which  is  incompressible,  that  result  from  the  time  needed  to 
generate  nuclear  polarization.  In  the  present  work,  we  demonstrate  fast  and  efficient  brain  ULF  MRI  at 
6.5  mT  with  no  pre-polarization  nor  cryogenics,  combining  under- sampling  strategies  with  a  high  per¬ 
formance  fully  refocused  steady- state-based  acquisition  in  a  simple,  inexpensive  system.  With  a  novel 
inductive  single  channel  detector,  we  report  the  fastest  3D  MRI  of  the  living  human  brain  in  the  ULF 
regime  compared  to  the  state-of-the-art  as  reported  in  the  literature11,12,15,16,24. 

Results 

Ultra-low  field  acquisition  strategy.  High  performance  imaging  at  ultra-low  magnetic  field  focuses 
on  significantly  reducing  acquisition  time  using  fast  imaging  techniques.  Here,  fast  imaging  was  enabled 
using  3D  balanced  steady  state  free  precession  sequences  (b-SSFP)25.  Originally  described  by  Carr  in 
1958  as  a  technique  for  improving  the  signal-to-noise  ratio  (SNR)  in  NMR  experiments26,  b-SSFP  was 
implemented  as  an  efficient  acquisition  strategy  for  MRI  in  1986  by  Oppelt  et  a/.27,  and  extensively  inves¬ 
tigated  in  the  early  2000  s25’28-32.  Unlike  traditional  gradient-  and  spin-echo  techniques,  b-SSFP  sequences 
dynamically  refocus  spin  magnetization  following  measurement,  eliminating  the  extra  delays  typically 
used  for  T2  decay  and  Tl  recovery.  This  considerably  reduces  acquisition  times  and  provides  the  highest 
SNR  per  unit  time  of  all  imaging  sequences25,27.  These  sequences  are  very  sensitive  to  the  amount  of 
spin  dephasing  that  occurs  between  consecutive  RF  pulses  (the  pulse  repetition  time,  TR),  and  typical 
banding  artifacts  are  expected  to  appear  within  a  range  of  ±1/(2*TR)  Hz  that  result  from  inhomogeneity 
in  the  static  magnetic  field25.  This  sets  a  strict  requirement  on  the  absolute  field  homogeneity  over  the 
field-of-view  (FOV),  which  for  operation  at  3T  is  typically  at  the  sub-PPM  level. 

In  the  millitesla  regime,  however,  the  fractional  homogeneity  requirement  is  three  orders  of  magni¬ 
tude  lower,  significantly  easing  the  engineering  burden  for  low-field  magnet  design.  With  a  current 
TR=22.5ms,  our  b-SSFP  sequence  is  completely  immune  to  banding  artifacts  for  up  to  160ppm  inho¬ 
mogeneity  at  6.5  mT.  Furthermore,  magnetic  susceptibility  differences  are  significantly  reduced  at  ULF, 
preventing  off-resonance  b-SSFP  artifacts.  As  a  result,  provided  reasonable  magnetic  field  homogeneity, 
b-SSFP  at  very  low  magnetic  field  alleviates  the  necessity  of  ultra-short  TRs  and  provides  good  image 
quality  over  a  large  FOV  without  the  need  for  sophisticated  ultrafast  gradient  power  amplifiers.  Our 
6.5  mT  MRI  scanner33  (Fig.  1)  was  upgraded  for  improved  B0  stability34,  and  was  used  for  all  the  low-field 
b-SSFP  experiments  described  here. 

RF  Coil  design.  The  design  of  inductive  detection  coils  for  use  in  ULF  MRI  presents  a  different  set  of 
challenges  to  those  present  in  conventional  high-field  MRI.  In  particular,  issues  of  coil  resistance  and 
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Figure  1.  Ultra-low  field  MRI  system.  Custom  built  biplanar  6.5  mT  electromagnet  with  biplanar  gradients 
(Gx,  Gy,  and  Gz).  The  diameter  of  the  outermost  B0  coil  is  220  cm.  The  subject  lays  supine  in  the  scanner 
and  a  custom  built  single  channel  transmit/receive  spiral  head  coil  wound  with  litz  wire  for  operation  at 
276  kHz  is  placed  to  cradle  the  head. 
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Figure  2.  3D  renderings  of  the  single  channel  form-fitting  head  coil.  (A)  isometric,  (B)  back,  and  (C)  side 
views  are  shown.  The  final  design  was  3D  printed  on  a  Fortus  360  me  printer  (Stratasys,  Eden  Prairie,  MN, 
USA)  in  polycarbonate  using  fused  deposition  modeling  technology.  The  30-turn  spiral  was  wound  with 
Type  1  40/38  Litz  wire,  parallel  resonated  to  276  kHz,  and  capacitively  matched  to  50  ohms. 


probe  bandwidth  manifest  differently.  In  conventional  MRI,  the  dominant  source  of  noise  is  the  presence 
of  small  currents  in  the  lossy  sample  (the  so-called  “body  noise”  regime)  to  which  a  characteristic  sample 
resistance  Rs  is  attributed.  Both  the  sample  and  the  coil  contribute  to  Johnson  noise  but  in  practice  Rs  is 
much  larger  than  the  coil  resistance  Rc  (i.e.  RS»RC),  and  thus  Rc  can  be  neglected  in  SNR  calculations. 
However,  at  low  field,  Rs  becomes  much  smaller  and  Rc  becomes  the  dominant  noise  contribution  (i.e., 
the  so-called  Johnson  noise  dominated  regime).  To  minimize  the  coil  resistance  in  a  simple  design,  larger 
diameter  wire  or  stranded  litz  wire  can  be  used,  but  one  needs  to  consider  the  impact  this  has  on  coil 
bandwidth.  Given  the  maximum  imaging  gradient  strength  of  ~1  mT/m  attainable  in  our  6.5  mT  electro¬ 
magnet  Low  Field  Imager  (LFI),  a  20  cm  (head-sized)  FOV  will  span  a  frequency  encode  bandwidth  of 
~  10  kHz.  This  sets  the  minimum  bandwidth  needed  for  the  detection  circuit  so  as  to  not  significantly 
convolve  the  coil  response  function  with  the  object  being  imaged.  At  our  Larmor  frequency  of  276  kHz, 
this  corresponds  to  a  maximum  coil  Q  of  ~30.  A  single  channel  inductive  coil  for  operation  at  276  kHz 
(Fig.  2)  was  designed  and  built  using  3D  printing  fused  deposition  modeling  technology  and  multi-strand 
litz  wire35.  A  30-turn  3D  Archimedean  spiral  with  an  aligned  turn-to-turn  distance  of  5.6  mm  guided 
wire  placement,  thus  ensuring  that  Bx  produced  by  the  spiral  pattern  is  everywhere  orthogonal  to  the 
main  magnetic  field  B0.  The  hemispheric  spiral  design  results  in  a  very  homogeneous  magnetic  field36,37 


SCIENTIFIC  REPORTS  |  5:15177  |  DOI:  10.1038/5^15177 


3 


www.nature.com/scientificreports/ 


Figure  3.  3D  images  of  the  living  brain  acquired  in  6  minutes  at  6.5  mT  in  (a)  axial,  (b)  coronal,  and  (c) 
sagittal  orientation.  The  corresponding  maximum  SNRs  are  a.  15,  b.  21,  and  c.  16.  Acquisition  matrix: 

64  x  75  x  15,  voxel  size:  a.  (2.5  X  3.5  x  8.5)  mm3,  b.  (2.5  x  3.5  x  11.5)  mm3,  and  c.  (2.5  x  3.5  x  14.4)  mm3. 


over  the  volume  of  interest,  making  it  suitable  for  both  RF  transmit  and  receive.  The  number  of  turns  in 
the  coil  was  chosen  to  obtain  the  inductance  needed  to  achieve  the  desired  Q.  Litz  wire  was  preferred  in 
this  low  frequency  application  due  to  its  lower  AC  resistance  compared  to  solid  copper  wire  of  the  same 
physical  size. 

Image  reconstruction  and  processing.  MRI  images  are  reconstructed  from  frequency-  and 
phase-encoded  information  in  the  k-space  formalism38,39.  Previously,  we  described  our  use  of  under¬ 
sampling  strategies  to  accelerate  low-field  imaging34.  We  make  use  of  this  here  by  randomly  sampling 
50%  of  k-space  using  a  variable  density  Gaussian  pattern.  The  variable  density  Gaussian  sampling  pat¬ 
tern  emphasizes  sampling  in  the  center  of  k-space,  where  most  of  the  information  is  located,  and  ran¬ 
domly  skips  lines  near  the  edges.  The  resulting  images  do  not  exhibit  coherent  artifacts,  such  as  typical 
wrap-around  ghosts  due  to  FOV  contraction.  Missing  values  in  the  acquired  k-space  were  set  to  zero.  The 
standard  deviation  of  the  sampling  pattern  as  a  fraction  of  the  FOV  was  optimized  to  preserve  adequate 
high-frequency  information.  Once  reconstructed,  the  images  were  apodized  and  processed  using  Perona 
and  Malik  anisotropic  diffusion  filtering40,41  (ADF).  ADF  is  a  powerful  denoising  filter  that  convolves 
images  of  interest  with  adaptive  Gaussian  kernels.  The  Perona  and  Malik  approach  works  as  an  iterative 
multi-scale  smoothing  and  edge  detection  process  that  removes  noise  but  prevents  image  blurring  by 
adjusting  filter  sharpness  as  a  function  of  signal  intensity  gradients. 

In  vivo  brain  MRI  at  6.5  mT.  Three-dimensional  under-sampled  images  acquired  at  6.5 mT  in  6 min¬ 
utes  are  shown  in  Fig.  3  for  each  of  the  three  spatial  orientations  (axial,  coronal,  and  sagittal).  The  max¬ 
imum  image  SNR  was  computed  from  the  ratio  of  maximum  signal  amplitude  to  the  standard  deviation 
over  a  user  defined  noise  region;  SNR  of  15,  21,  and  16  were  measured  in  axial,  coronal,  and  sagittal 
orientations  respectively.  With  a  maximum  gradient  strength  of  -lmT-m'1  and  maximal  slew  rate  of 
0.7mT-m_1-ms_1,  no  artifacts  from  concomitant  field  effect  are  seen  over  the  20  cm  field  of  view.  The 
sinuses  are  easily  recognizable  in  black  on  the  images,  as  well  as  the  skull.  Surrounding  the  brain,  we  can 
identify  the  dura  in  bright  grey  on  the  coronal  and  sagittal  images  (Fig.  3b, c).  In  the  brain,  the  two  hem¬ 
ispheres  and  the  cerebellum  are  distinct,  and  cortical  tissue  can  be  distinguished  from  white  matter. 
Liquid  compartments,  here  CSF,  appear  in  bright  grey  and  white.  Images  acquired  in  the  axial  orientation 
are  compared  to  images  acquired  in  the  same  subject  at  high  magnetic  field  (3T)  using  traditional  Tv 
T2,  and  proton  density  (PD)  weighted  sequences  (Fig.  4).  In  b-SSFP,  contrast  is  related  to  the  T2/Tx  ratio 
of  the  imaged  sample25.  At  high  field,  liquids  and  tissue  typically  have  rather  different  relaxation  times 
but  at  6.5  mT  their  ratio  (T2/ Tj)  is  of  order  unity  resulting  in  the  distinct  PD-weighted  contrast  of  Fig.  4b. 
Most  of  the  anatomic  features  seen  at  3  T  can  be  identified  in  the  ultra-low-field  scans.  Figure  5  compares 
b-SSFP  at  3  T  to  0.0065  T. 
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Figure  4.  Comparison  of  single  channel  ULF  MRI  to  32-channel  high  magnetic  field  scans,  (a)  b-SSFP  at 
6.5  mT.  (b-d),  PD ,  T2,  and  Tx  weighted  contrast  at  3T,  respectively.  Most  of  the  anatomic  features  seen  at 
higher  magnetic  field  can  be  identified  on  the  ultra-low  field  scans.  At  low  field,  T2  approaches  Tp  and  the 
resulting  image  contrast  in  (a)  is  very  similar  to  PD- weighting  (b). 


The  maximum  SNR  in  the  high  field  (HF)  b-SSFP  image  is  317.  In  order  to  interpret  the  difference 
in  SNR  between  the  HF  and  the  ULF  scans,  we  scale  the  HF  image  SNR  by  a  factor  corresponding  to 
the  difference  in  the  ULF  spatial  resolution  (2.5  x  3.5  x  8.5  in  the  axial  orientation),  and  by  a  second 
factor  to  account  for  signal  averaging  as  done  at  ULF  (Fig.  5b,  NA=  160).  The  SNR  in  the  downscaled 
HF  scan  is  equivalent  to  317  x  (2.5  x  3.5  x  8.5)  x  7 160  «  300000,  which  gives  the  ratio 

snrit  ~  8300  in  the  axial  orientation.  If  we  assume  similar  coil  performance,  and  neglect  the  differ- 

SiVi?o.o065 

ence  in  magnetization  at  steady  state  for  the  two  magnetic  fields,  the  resulting  8300-fold  difference  in 
SNR  agrees  reasonably  well  with  the  simplified  approximation  that  SNR  increases  with  magnetic  field  to 
the  3/2  power42,  here  4603/2  =  9866.  Strong  banding  artifacts  appear  at  high  field  (Fig.  5a,  yellow  arrows), 
mainly  due  to  magnetic  susceptibility  differences  at  the  air-tissue  interface.  At  276  kHz,  on  the  other 
hand,  no  imaging  artifact  is  seen  over  a  20  cm  FOV  despite  a  3  x  longer  TR  (Fig.  5b).  Our  results  demon¬ 
strate  excellent  immunity  to  magnetic  field  inhomogeneity  of  the  order  of  ±22  Hz,  i.e.,  160  ppm  at  6.5  mT. 

Discussion 

The  work  presented  here  demonstrates  the  shortest  acquisition  times  and  highest  SNR  per  unit  time  in 
ULF  MRI  to  date  owing  to  our  use  of  modern  sparse  sampling  strategies  and  a  fully  refocused  sequence 
in  an  optimized  electromagnet  scanner.  These  images  were  acquired  without  pre-polarization  techniques, 
at  a  fixed  magnetic  field  and  with  a  simple  single  channel  inductive  detector.  With  an  eye  towards  opti¬ 
mization,  we  note  that  for  a  given  spatial  resolution,  the  minimum  TR — and  consequently  the  total  scan 
time — is  limited  by  the  maximum  attainable  time -integrated  gradient  strength.  The  maximum  gradient 
strength  in  the  LFI  is  currently  -lmT-m'1,  resulting  in  a  minimum  TR  of  ~23ms.  Weak  gradients 
especially  impact  phase  encoding  in  balanced  sequences  like  b-SSFP,  as  every  phase-encode  pulse  is 
paired  with  an  opposite  polarity  rewinding  pulse.  An  increase  in  gradient  strength  would  allow  shorter 
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Figure  5.  Comparison  of  b-SFFP  images  at  (a)  3T  and  (b)  6.5  mT.  Strong  banding  artifacts  appear  at  high 
magnetic  field  (yellow  arrows)  in  all  orientations  (coronal,  sagittal,  and  axial)  whereas  no  artifact  is  seen  in 
the  images  acquired  at  ultra-low  field. 


phase  encode  pulses,  thus  decreasing  total  imaging  time  while  maintaining  SNR,  provided  that  image 
distortion  from  non-linear  magnetic  fields  that  accompany  the  desired  encoding  gradient  (the  so  called 
“concomitant  field”  artifacts43)  can  be  mitigated.  At  6.5  mT,  an  increase  in  gradient  strength  in  the  range 
of  2-5  x  ,  combined  with  efficient  strategies  to  eliminate  concomitant  field  artifacts44-46,  can  reasonably 
be  envisioned.  Additionally,  improvements  in  the  electronic  noise  floor  can  go  a  long  way  to  improving 
scanner  sensitivity.  In  our  system,  the  scanner  noise  floor  is  dominated  by  poor  filtering  of  the  high  cur¬ 
rent  lines  from  the  gradient  power  amplifiers  into  the  RF  shielded  enclosure  of  the  LFI.  More  effective 
filtering  of  electronic  noise  coming  from  our  gradient  power  amplifiers  would  reduce  our  system  noise 
floor  by  a  measured  factor  of  3,  thus  decreasing  the  total  acquisition  time  by  another  factor  of  32  =  9.  As 
SNR  increases  with  magnetic  field  to  the  3/2  power42,  a  simple  doubling  of  magnetic  field  would  result 
in  a  sequence  about  8  times  faster  with  similar  SNR.  In  the  case  of  human  brain  imaging,  images  with 
similar  resolution  and  SNR  as  presented  here  could  be  then  acquired  in  less  than  3  seconds  in  such  an 
optimized  scanner. 

A  key  challenge  in  obtaining  clinically  relevant  MRI  images  at  ULF  is  the  ability  to  acquire  7\  and/or 
T2  relaxation -weighted  images,  and  thereby  provide  contrast  to  different  types  of  tissue.  Typically,  mag¬ 
netization  prepared  gradient-echo,  and  spin-echo  sequences  are  used  to  obtain  relaxation-weighted 
images,  but  these  types  of  imaging  experiments  become  prohibitively  time  consuming  at  ultra-low  mag¬ 
netic  fields  where  signal  averaging  and  recovery  of  the  longitudinal  magnetization  are  required.  We  have 
investigated  a  new  strategy  to  provide  contrast  based  on  b-SSFP  called  “magnetic  resonance  fingerprint¬ 
ing”  (MRF)47,  and  have  successfully  started  its  implementation  at  6.5mT.48 

Finally,  theoretical  frameworks  exist  that  allow  image  reconstruction  of  highly  undersampled  datasets 
with  multiple  channel  acquisition49-56.  Acquisition  schemes  combining  high  undersampling  rates  with 
parallel  imaging  techniques  such  as  SENSE57  or  GRAPPA58  could  reduce  the  total  acquisition  time  even 
further,  to  less  than  a  second.  Recent  work  from  Murphy  et  al.59  successfully  mitigates  the  computational 
expense  by  exploiting  massively  parallelized  computing. 

We  contend  that  ULF  MRI  scanners  operating  at  this  expected  level  of  performance  could  comple¬ 
ment  traditional  MRI  by  relieving  hospital  congestion  and  shortening  triage  delays.  Outside  of  the  radi¬ 
ology  suite,  mobile  ULF  scanners  might  be  deployable  during  military  conflicts  or  during  sport  events 
and  enable  the  acquisition  of  immediate  after- trauma  knowledge,  typically  in  the  case  of  traumatic  brain 
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injuries.  Finally,  ULF  MRI  technology  may  allow  resource-poor  environments  access  to  MRI  systems, 
without  the  strict  siting  requirements  and  high  costs  of  conventional  scanners. 

Methods 

Consent  and  IRB.  Informed  consent  was  obtained  from  each  healthy  human  volunteer  prior  to  the 
experiment  in  accordance  with  the  Human  Research  Committee  of  the  Massachusetts  General  Hospital 
(MGH).  All  MRI  imaging  was  performed  in  accordance  with  approved  guidelines  and  regulations,  using 
experimental  protocols  that  were  approved  by  the  MGH  Human  Research  Committee. 

Ultra-low  field  MRI.  All  ULF  MR  images  were  acquired  at  6.5 mT  in  a  healthy  human  volunteer 
with  the  30-turn  single  channel  well-fitting  spiral  head  coil  described  above  (Fig.  2).  The  subject  was 
placed  supine,  head  first  into  the  electromagnet.  The  b-SSFP  3D  sequence  with  under-sampling  rate  of 
50%,  acquisition  matrix  of  64  x  75  x  15,  at  a  spatial  resolution  of  (2.5  x  3.5  x  8.5)  mm3,  (2.5  x  3.5  x  14.4) 
mm3,  and  (2.5  x  3.5  x  11.5)  mm3,  was  used  in  axial,  sagittal  and  coronal  orientations,  respectively. 
TR=22.5ms,  TE=  11ms.  Total  acquisition  time  was  6  minutes  for  images  with  number  of  averages 
(NA)  =  30  (Fig.  3),  and  32  minutes  with  NA=  160  (Figs  4  and  5).  All  acquired  data  were  processed  using 
anisotropic  diffusion  filtering  and  interpolated  in  Fourier  domain  in  two  dimensions  to  a  96  x  96  matrix. 

High  field  MRI.  Reference  high  magnetic  field  images  of  the  head  were  acquired  in  the  same  subject 
at  3T  on  a  standard  whole-body  scanner  (Skyra,  Siemens  Healthcare)  using  a  32-channel  head  receiver 
coil  with  the  subject  in  a  supine  position.  All  high  field  sequences  were  acquired  with  an  acceleration 
factor  of  2.  Proton  density,  T2,  and  Tx  weighted  sequences  were  acquired  with  matrix  =  256  x  256  x  176 
at  a  spatial  resolution  of  (1  x  lx  1)  mm3,  with  total  acquisition  times  of  10  minutes,  5  minutes  and  6  min¬ 
utes  respectively.  A  b-SSFP  sequence  was  acquired  with  matrix  =  256  x  256  x  192  at  a  spatial  resolution 
of  (1  x  1  x  1)  mm3,  and  NA=  1.  The  total  acquisition  time  was  ~3  minutes. 
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Transmit  Array  Spatial  Encoding  (TRASE)  is  a  promising  new  MR  encoding  method  that  uses  transmit  RF 
(Bj)  phase  gradients  over  the  field-of-view  to  perform  Fourier  spatial  encoding.  Acquisitions  use  a  spin 
echo  train  in  which  the  transmit  coil  phase  ramp  is  modulated  to  jump  from  one  k-space  point  to  the 
next.  This  work  extends  the  capability  of  TRASE  by  using  swept  radiofrequency  (RF)  pulses  and  a  quad¬ 
ratic  phase  removal  method  to  enable  TRASE  where  it  is  arguably  most  needed:  portable  imaging  systems 
with  inhomogeneous  B0  fields.  The  approach  is  particularly  well-suited  for  portable  MR  scanners  where 
(a)  inhomogeneous  B0  fields  are  a  byproduct  of  lightweight  magnet  design,  (b)  heavy,  high  power- 
consumption  gradient  coil  systems  are  a  limitation  to  siting  the  system  in  non-conventional  locations 
and  (c)  synergy  with  the  use  of  spin  echo  trains  is  required  to  overcome  intra-voxel  dephasing  (short 
T2)  in  the  inhomogeneous  field.  TRASE  does  not  use  a  modulation  of  the  B0  field  to  encode,  but  it  does 
suffer  from  secondary  effects  of  the  inhomogeneous  field.  Severe  artifacts  arise  in  TRASE  images  due  to 
off-resonance  effects  when  the  RF  pulse  does  not  cover  the  full  bandwidth  of  spin  resonances  in  the  imag¬ 
ing  FOV.  Thus,  for  highly  inhomogeneous  B0  fields,  the  peak  RF  power  needed  for  high-bandwidth  refo¬ 
cusing  hard  pulses  becomes  very  expensive,  in  addition  to  requiring  RF  coils  that  can  withstand 
thousands  of  volts.  In  this  work,  we  use  swept  WURST  RF  pulse  echo  trains  to  achieve  TRASE  imaging 
in  a  highly  inhomogeneous  magnetic  field  (A B0/B0  ~  0.33%  over  the  sample).  By  accurately  exciting 
and  refocusing  the  full  bandwidth  of  spins,  the  WURST  pulses  eliminate  artifacts  caused  by  the  limited 
bandwidth  of  the  hard  pulses  used  in  previous  realizations  of  TRASE  imaging.  We  introduce  a  correction 
scheme  to  remove  the  unwanted  quadratic  phase  modulation  caused  by  the  swept  pulses.  Also,  a  phase 
alternation  scheme  is  employed  to  mitigate  artifacts  caused  by  mixture  of  the  even  and  odd-echo  coher¬ 
ence  pathways  due  to  defects  in  the  refocusing  pulse.  In  this  paper,  we  describe  this  needed  methodology 
and  demonstrate  the  ability  of  TRASE  to  Fourier  encode  in  an  inhomogeneous  field  (A  B0/B0  ~  1%  over  the 
full  FOV). 

©  2016  Elsevier  Inc.  All  rights  reserved. 


1.  Introduction 

A  growing  body  of  research  explores  the  use  of  lightweight, 
low-field,  portable  magnetic  resonance  relaxometers  and  imaging 
systems  for  medical  applications  and  materials  analysis.  Single 
sided  scanners  [1]  such  as  the  NMR-MOUSE  [2]  use  portable  per¬ 
manent  magnets  for  profiling  and  relaxometry.  The  NMR-MOUSE 
magnet’s  rapid  field  decay  over  the  sensitive  region  is  used 
to  create  ID  profiles  of  samples  such  as  human  skin  [3]. 
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The  NMR-MOUSE’s  capability  has  been  extended  to  2D  [4]  and 
3D  imaging  [5],  however  the  device  can  only  image  thin  samples 
and  is  not  applicable  to  brain  imaging.  Other  approaches  based 
on  single-sided  and  “inside-out”  magnets  have  been  used  for  rock 
porosity  analysis  in  oil  well  prospecting  [6]  and  for  assessing  prop¬ 
erties  of  soil  and  food  [1].  Adding  Fourier  encoding  to  these  sys¬ 
tems  in  directions  other  than  the  readout  (projection)  direction  is 
made  difficult  by  the  extremely  inhomogeneous  field. 

A  major  difference  between  portable  NMR  systems  and  conven¬ 
tional  MRI  scanners  is  that,  in  the  former,  the  main  B0  field  is  usu¬ 
ally  inhomogeneous.  This  concession  can  dramatically  reduce  the 
complexity  of  the  device,  thus  minimizing  weight,  cost,  and  power 
requirements  and  enhancing  portability.  But  this  inhomogeneity 
introduces  two  significant  obstacles  to  performing  Fourier  imaging 


http://dx.doi.org/l  0.1 01 6/j.jmr.201 6.04.005 
1090-7807/©  2016  Elsevier  Inc.  All  rights  reserved. 


75 


J.P.  Stockmann  et  al. /Journal  of  Magnetic  Resonance  268  (2016)  36-48 


37 


with  conventional  B0  gradient  encoding.  First,  the  bandwidth  of 
spins  in  the  sample  may  become  too  broad  to  be  excited  by  typical 
RF  pulses  (e.g.  hard  pulses)  at  safe  RF  power  levels.  Second,  to  per¬ 
form  traditional  Fourier  readout  spatial  encoding  (and/or  slice 
selection),  the  applied  linear  B0  gradients  must  dominate  the  vari¬ 
ations  in  the  background  B0  field.  Phase  encoding  in  a  spin  echo 
sequence  has  been  demonstrated  in  highly  inhomogeneous  fields 
[7],  but  2D  and  3D  encoding  with  pure  phase  encoding  are  time- 
consuming  since  only  one  k-space  point  is  acquired  per  echo,  and 
moreover  the  need  for  gradient  coils  and  power  amplifiers  can 
limit  portability. 

Nonetheless,  light-weight,  inhomogeneous  MR  scanners  based 
on  arrays  of  permanent  magnets  have  been  proposed  as  portable 
devices  for  human  imaging.  In  one  such  approach  [8],  the  back¬ 
ground  B0  field  variation  is  used  as  a  “built-in”  gradient  field  for 
acquiring  generalized  spin  echo  projections  of  the  sample  that 
can  be  reconstructed  using  iterative  matrix  solvers.  This  system  still 
requires  a  method  of  encoding  along  the  axis  of  rotation  and  the  B0 
inhomogeneity  (short  TJ)  requires  the  use  of  spin  echo  acquisitions. 

Methods  for  creating  long  spin  echo  trains  in  highly  inhomoge¬ 
neous  fields  have  been  demonstrated  using  frequency-swept 
pulses  that  excite  and  refocus  all  spins  over  the  sample  with  dra¬ 
matically  lower  peak  power  levels  compared  to  hard  pulses 
[9,10].  In  Ref.  [9],  frequency-swept  pulses  were  played  in  a  CPMG 
spin  echo  train  to  acquire  echoes  from  a  sample  with  a  120  kHz 
linewidth  in  an  inhomogeneous  B0  field.  Compared  with  hard 
pulses,  the  frequency-swept  pulses  provided  a  3-fold  or  greater 
signal  enhancement  and  corresponding  increase  in  the  spectral 
width  of  the  acquired  data  (Fourier  transform  of  the  echoes). 

Frequency-swept  RF  pulses  have  also  been  used  as  key  compo¬ 
nents  of  spatial  encoding  schemes  that  provide  improved  robust¬ 
ness  to  B0  inhomogeneity,  including  MRI  by  steering  resonance 
through  space  (STEREO)  [11]  and  spatiotempor ally -encoded  MRI 
(SPEN)  [12-16].  Both  methods  use  swept  RF  pulses  to  excite  and/ 
or  refocus  different  Larmor  frequency  isochromats  at  different 
times.  The  focal  point  of  the  resulting  quadratic  phase  profile  is  then 
steered  across  the  object  during  readout  using  linear  encoding  gra¬ 
dients.  While  these  methods  show  significant  promise,  they  still 
rely  on  slewed  linear  B0  gradient  systems  whose  coils  must  over¬ 
come  the  B0  inhomogeneities  and  whose  power  amplifiers  and 
cooling  systems  are  an  encumbrance  to  remote  siting  and  portabil¬ 
ity.  Further,  while  they  are  being  pursued  for  use  in  inhomogeneous 
fields,  this  class  of  methods  has  only  been  experimentally  demon¬ 
strated  with  modest  inhomogeneities  (i.e.  ~100s  of  Hz)  [11,12]. 

The  Bloch-Siegert  shift  imparted  by  off-resonant  RF  pulses  has 
been  recently  exploited  for  frequency  [17]  and  phase  [18]  encoding 
using  pure  transmit  RF  field  (Bj)  spatial  encoding.  In  this  approach, 
an  RF  coil  with  a  spatially  varying  B\  amplitude  along  the  encoding 
direction  is  used  (typically  a  linear  profile).  When  an  off-resonant 
RF  pulse  is  played  on  such  a  coil  after  spin  excitation  by  a  uniform 
B\  coil,  the  spin  phase  becomes  a  function  of  position  and  can  be 
used  for  spatial  encoding.  While  early  results  in  relatively  homoge¬ 
neous  B0  fields  show  promise,  the  utility  of  the  method  for  highly 
inhomogeneous  fields  is  limited  by  the  trade-off  between  Bloch- 
Siegert  encoding  efficiency  and  off-resonance  performance. 

In  the  present  work,  we  show  that  Transmit  Array  Spatial  Encoding 
(TRASE)  [19],  a  recently-introduced  B\  spatial  encoding  method,  can 
be  adapted  for  imaging  in  highly  inhomogeneous  B0  fields  without 
the  use  of  external  imaging  gradients.  TRASE  uses  B\  phase  gradients 
produced  by  tailored  RF  transmit  coils  to  impart  a  progressively 
increasing  spatial  phase  modulation  to  each  echo  in  a  spin  echo 
train.  The  center  point  of  each  echo  is  a  sample  in  k-space  with  the 
echo-train  traversing  a  line  in  k-space  (for  ID  TRASE)  analogous  to 
conventional  phase  encoding  with  linear  B0  gradients.  TRASE  can 
be  performed  along  any  dimension  for  ID,  2D,  or  3D  imaging  using 
appropriate  coils  for  generating  B\  phase  gradients  along  each 
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desired  encoding  direction.  This  allows  image  formation  without 
using  conventional  B0  imaging  gradients.  High-resolution  2D  TRASE 
images  acquired  in  a  0.2  Tesla  homogeneous  field  display  compara¬ 
ble  image  quality  to  conventional  B0  gradient  encoded  images  [20]. 

The  TRASE  method  is  best-suited  for  low  field  imaging  where 
specific  absorption  rates  (SAR)  are  lower,  allowing  long  spin  echo 
trains  without  significant  RF  heating.  Adding  to  its  versatility, 
TRASE  is  compatible  with  the  use  of  parallel  RF  receive  arrays 
[21]  and  parallel  imaging  approaches  [22,23]  for  accelerated  imag¬ 
ing  using  undersampled  k-space  data.  Moreover,  even  though 
TRASE  is  a  type  of  phase  encoding,  un-encoded  signal  outside  the 
FOV  does  not  alias  into  the  image  as  a  wrapping  artifact,  but 
instead  manifests  as  line  artifacts  in  the  corner  of  the  image  [24]. 
Finally,  since  TRASE  switches  only  RF  gradient  fields,  it  has  the 
benefit  of  being  silent. 

TRASE  is  particularly  appealing  for  portable  MR  systems  since  it 
only  uses  the  transmit  RF  system  for  spatial  encoding.  This  reduces 
or  eliminates  the  need  for  high  power  gradient  amplifiers  as  well  as 
heavy,  noisy  gradient  coils  and  their  associated  water  cooling.  The 
result  is  a  dramatically  simplified  imaging  system.  As  an  indepen¬ 
dent  encoding  mechanism,  TRASE  can  be  used  in  highly  inhomoge¬ 
neous  B0  fields  without  requiring  that  the  B\  phase  gradient 
dominate  the  variation  in  B0.  This  stands  in  contrast  to  other  meth¬ 
ods  that  have  been  proposed  for  portable  MRI  systems,  such  as 
STEREO  [11],  which  still  rely  on  a  B0  gradient  system  for  spatial 
encoding. 

Although  TRASE  appears  well-suited  for  portable  imagers  and 
their  spatially  inhomogeneous  fields,  the  excitation  and  refocusing 
pulses  must  cover  the  bandwidth  of  the  spins  in  the  imaging  vol¬ 
ume.  If  the  full  spin  bandwidth  is  not  covered,  then  off-resonance 
effects  degrade  performance  by  introducing  flip  angle  and  phase 
errors  to  spin  isochromats  outside  the  pulse  bandwidth.  Bloch  sim¬ 
ulations  show  that  significant  TRASE  artifacts  arise  for  refocusing 
pulse  flip  angles  of  less  than  150°  [25].  A  recent  paper  states  that 
for  echo  trains  of  hard  pulses  with  duration  tp,  “good”  TRASE  perfor¬ 
mance  is  achieved  for  sample  bandwidths  on  the  order  of  0.1  /tp  and 
“fair”  performance  was  noted  for  bandwidths  on  the  order  of  0.2 /tp 
[20].  The  authors  suggest  that  TRASE  could  benefit  from  composite 
refocusing  pulses,  but  do  not  explore  the  topic  experimentally. 

For  proof-of-concept  ID  imaging,  we  target  a  bandwidth  of 
30  kHz  in  a  highly  inhomogeneous  human  head-sized  permanent 
magnet  (A B0/B0  ~  1%)  [7].  For  this  field  inhomogeneity,  the  use  of 
hard  pulses  would  require  impractical  peak  power.  For  example, 
to  achieve  “fair”  TRASE  performance  a  refocusing  pulse  length  of 
~6  ps  would  be  required.  This  corresponds  to  an  83  kHz  (1.9  mT) 
peak  field,  about  2  orders  of  magnitude  higher  than  the  field 
achievable  using  the  body  RF  coil  of  conventional  clinical  scanners. 

In  this  work,  we  demonstrate  a  method  for  overcoming  off- 
resonance  artifacts  in  TRASE  imaging  by  replacing  hard  pulses  with 
WURST  frequency-swept  pulses  in  the  spin  echo  train  [8].  The  swept 
pulses  minimize  flip  angle  and  phase  errors  resulting  from  the  range 
of  B0  fields  across  the  FOV.  However,  the  WURST  pulses  introduce  a 
quadratic  phase  across  the  excitation  bandwidth.  To  mitigate  the 
effect  of  this  phase  in  TRASE  imaging,  we  introduce  a  simple  phase 
correction  method  to  remove  the  quadratic  phase  modulation 
imparted  by  the  swept  pulses  to  even-numbered  echoes  in  the  train. 
This  renders  the  entire  echo  train  compatible  with  TRASE  spatial 
encoding.  We  show  experimental  ID  TRASE  images  of  two  water 
phantoms  in  a  field  with  a  peak  inhomogeneity  range  of  30  kHz. 
Some  results  were  previously  presented  in  abstract  form  [26]. 


2.  Theory 

In  this  section,  we  briefly  review  the  use  of  RF  pulses  with  linear 
frequency  sweeps  (quadratic  phase  sweeps)  on  the  signal  phase  in 
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a  spin  echo  train.  We  then  discuss  a  simple  correction  method  for 
removing  the  unwanted  quadratic  phase  modulation  from  even- 
numbered  echoes  in  the  train,  restoring  a  conventional  echo  shape 
and  making  the  entire  spin  echo  train  usable  for  TRASE  imaging. 

As  described  by  Kunz  [27  ,  when  frequency-swept  excitation 
and  refocusing  pulses  are  applied  in  the  presence  of  a  static 
inhomogeneous  B0  field,  they  impart  a  frequency-dependent  phase 
to  the  spins.  Assuming  a  symmetric  frequency  sweep  around  the 
Larmor  frequency,  the  relevant  phase  of  the  spin  isochromats 
following  the  n\2  excitation  pulse  is: 

4>eXdf)  =  nf2/Rexc  (1) 

and  the  phase  imparted  by  the  n  refocusing  pulse  is: 

4>ref(f)  =  2  nf/Rref,  (2) 

where  /  is  the  frequency  offset  from  the  Larmor  frequency  and  R  is 
the  RF  pulse  frequency  sweep  rate.  Because  the  refocusing  pulse 
inverts  the  phase  profile  imparted  by  the  excitation  pulse,  the  over¬ 
all  phase  after  an  excitation  pulse  followed  by  a  single  refocusing 
pulse  is: 

4 >(f)  =  -nf2/Rexc  +  2nf2/Rref .  (3) 

The  quadratic  phase  imparted  by  the  pulse  pair  vanishes  if  the 
sweep  rates  are  set  to  Rref=2Rexc.  For  simple  linear  frequency 
sweeps,  this  condition  is  typically  met  by  setting  the  duration  of 
the  refocusing  pulse  to  be  half  the  duration  of  the  excitation  pulse. 

In  swept  pulse  spin  echo  trains,  this  sweep  rate  condition 
(Rref=  2 Rexc)  cancels  quadratic  phase  in  odd-numbered  echoes, 
leaving  these  echoes  with  only  conventional  B0-based  phase  mod¬ 
ulations.  However,  the  quadratic  phase  modulation  remains  on 
even-numbered  echoes.  Here,  the  frequency-domain  signal  is  mul¬ 
tiplied  by  the  quadratic  phase  profile  (</>re/)  applied  by  the  last,  un¬ 
cancelled  refocusing  pulse  [28].  Likewise,  the  time-domain  signal 
is  convolved  by  the  time-domain  quadratic  phase  function  28]. 
Since  the  shape  of  the  quadratic  phase  function  is  preserved  under 
the  Fourier  transform,  the  time  domain  function  is  also  a  quadratic 
phase  “chirp”  kernel  proportional  to  exp(z27T/?t2),  where  coefficient 
P  depends  on  the  sweep  rate  of  the  refocusing  pulse. 

Time-domain  convolution  of  the  echo  with  this  kernel  leads  to 
smearing  of  the  signal  across  the  readout  window,  such  that  the 
shape  of  the  time-domain  signal  comes  to  approximate  the  his¬ 
togram  of  spin  frequencies  in  the  inhomogeneous  B0  field  (i.e.,  a 
projection  of  the  sample  if  the  inhomogeneity  originated  from  a 
gradient  field).  This  effect  is  due  to  each  Larmor  frequency  isochro- 
mat  refocusing  at  a  different  point  in  time.  Spin  echoes  acquired  in 
this  manner  have  been  called  “spectral  echoes”  [9]  because  of  their 
resemblance  to  the  frequency  spectrum  of  the  sample.  The  width 
of  the  spectral  echo  in  the  time  domain  depends  on  the  bandwidth 
of  the  spins  over  the  sample  and  the  sweep  rate  of  the  RF  pulse.  The 
faster  the  pulse  is  swept,  the  narrower  the  time  delay  between 
excitation  and  refocusing  of  the  isochromats,  and  the  shorter  the 
duration  of  the  resulting  spectral  echo.  Spatial  quadratic  phase 
profiles  applied  by  RF  pulses  and/or  nonlinear  B0  fields  have  been 
proposed  in  the  past  to  perform  slice  selection  [29],  “phase  scram¬ 
bling”  for  dynamic  range  compression  during  signal  reception  [30], 
and  reduced  FOV  imaging  [31-33].  While  spectral  echoes  are  use¬ 
ful  for  some  applications,  they  cannot  be  directly  used  with  TRASE 
imaging. 

Assuming  the  acquisition  window  is  wide  enough  to  capture 
the  full  “bandwidth”  of  the  spectral  echo,  then  convolution  of  the 
conventional  echo  with  the  chirp  kernel  is  an  information¬ 
preserving  transform.  To  restore  a  conventional  echo  shape,  the 
quadratic  phase  modulation  can  be  removed  in  one  of  two  ways: 
(a)  convolution  by  the  complex  conjugate  of  the  chirp  kernel  in 
the  time  domain,  or  (b)  division  by  the  quadratic  phase  profile  in 


the  frequency  domain  [32].  The  second  operation  is  equivalent  to 
subtracting  out  the  phase  difference  between  the  Fourier  trans¬ 
forms  of  two  successive  echoes  in  the  train,  which  removes  the 
phase  imparted  by  the  frequency-swept  pulse  while  retaining  the 
phase  contributed  by  the  intended  encoding  schemes. 

Spectral  echoes  that  have  been  transformed  into  conventional 
echoes  can  be  used  for  TRASE  imaging.  However,  the  success  of 
the  quadratic  phase  removal  depends  on  the  echo  train  consisting 
of  interleaved  conventional  (odd)  and  spectral  (even)  echoes  with 
no  mixture  of  the  two.  In  ordinary  spin  echo  trains  that  satisfy 
the  CPMG  conditions  [34],  defects  in  the  refocusing  pulse  lead  to 
multiple  spin  echo  and  stimulated  echo  pathways,  which  all  refo¬ 
cus  at  the  same  time  and  constructively  interfere  to  form  a  conven¬ 
tional  echo  shape.  Unfortunately,  in  frequency-swept  echo  trains, 
defects  in  the  refocusing  pulse  flip  angle  can  lead  to  “mixing”  of 
the  conventional  and  spectral  echoes.  This  complicates  the  quadra¬ 
tic  phase  removal  and  leads  to  image  artifacts  with  TRASE.  How¬ 
ever,  this  problem  can  be  largely  avoided  through  careful  choice 
of  a  pulse  phase  alternation  scheme  for  each  group  of  four  succes¬ 
sive  echoes,  as  described  in  Section  3. 

To  implement  quadratic  phase  removal  in  the  frequency 
domain,  the  signal  acquired  in  the  nth  readout,  denoted  wn,  is  first 
Fourier  transformed  to  yield  Wn  =  T{ wn }  =  anei(t>n ,  where  T  is  the 
Fourier  transform  operator.  The  phase  correction  is  then  computed 
as  the  difference  in  Fourier  domain  phase  of  the  first  two  echoes  in 
the  train:  (</>2  -  This  phase  difference  corresponds  to  the  extra 
phase  modulation  applied  by  the  second  swept  refocusing  pulse. 
This  term  is  subtracted  in  the  Fourier  domain  from  the  phase  of 
all  even-numbered  echoes  in  the  train  and  the  result  is  inverse 
Fourier  transformed  to  generate  the  set  of  phase-corrected  echoes, 
denoted  w„.  A  phase  factor  of  n  is  additionally  applied  to  remove 
the  effects  of  the  pulse  phase-alternation  scheme.  The  correction 
applied  to  echoes  in  each  group  of  four  is  thus  described  as  follows: 


W„. 

n  =  1,5,9,. 

T~ 1  {aneiw’"_w’2_*i))}, 

n  =  2, 6, 10, 

w„e'\ 

n  =  3, 7, 11, 

T~x  {a„e'w"-w 2-«)}eht, 

n  =  4, 8, 12, 

(4) 


For  noisy  data,  it  may  be  advantageous  to  fit  the  phase  difference 
(</>2  -  </>i)  to  a  second-order  polynomial  (weighted  by  the  magnitude 
of  the  spectrum  at  each  point)  in  order  to  limit  noise  propagation. 

The  phase  correction  term  can  also  be  calculated  directly  based 
on  the  sweep  rate  of  the  refocusing  pulses:  =  e~i2ltf2 /Rref . 

The  Fourier  transform  of  the  echo  is  multiplied  by  this  phase  cor¬ 
rection  factor  and  then  inverse  Fourier  transformed  to  obtain  the 
corrected  echo.  Equivalently,  the  time-domain  echo  can  be  con¬ 
volved  with  the  chirp  kernel  that  is  the  Fourier  transform  of  the 
phase  correction: 

^e~i2nf2 /Rref  } 


/  Kref  nin/4n-mRrpft2  /2 

2 


(5) 


When  implementing  the  convolution  numerically,  it  is  necessary  to 
divide  by  the  number  of  elements  in  the  echo  signal  multiplied  by 
the  number  of  elements  in  the  chirp  kernel.  In  either  domain,  care 
must  be  taken  in  computing  the  phase  correction  analytically,  since 
it  does  not  account  for  timing  errors  in  the  pulse  sequence  (which 
translate  the  quadratic  phase  profile  relative  to  the  echo  time  ori¬ 
gin)  or  other  defects. 


3.  Methods 

WURST  pulses  are  a  close  approximation  to  the  simplest  fre¬ 
quency  swept  pulse:  a  rectangular  amplitude  envelope  with  linear 
frequency  sweep.  The  WURST  pulse  deviates  from  this  basic  swept 
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pulse  by  softening  the  rising  and  falling  edge  with  an  amplitude 
taper  and  therefore  reduces  ringing  in  the  off-resonance  spin 
response.  Hyperbolic  secant  swept  pulses  35],  an  alternative  pulse 
shape  option,  give  sharper  frequency  band  transitions  than  WURST 
pulses;  this  provides  advantages  for  applications  such  as  slice 
selection.  Moreover,  hyperbolic  secant  pulses  can  be  paired  in  a 
way  that  cancels  the  quadratic  phase  modulation  in  the  first  echo 
[10].  However,  hyperbolic  secant  pulses  are  not  as  efficient  as 
WURST  pulses  for  very  wide  bandwidths  (as  proposed  here),  and 
therefore  tend  to  be  longer.  Since  TRASE  imaging  relies  on  long 
echo  trains,  it  is  important  to  use  the  shortest  refocusing  pulses 
possible  to  minimize  image  artifacts  caused  by  T2-decay.  For  sig¬ 
nals  acquired  in  the  presence  of  strong  gradients,  if  the  echo  spac¬ 
ing  becomes  too  long,  TRASE  imaging  performance  may  also  be 
limited  by  the  diffusion  weighting  [1  ].  For  these  reasons,  the  choice 
of  WURST  pulses  for  TRASE  imaging  in  an  inhomogeneous  field  is 
motivated  by  the  need  to  optimize  pulse  efficiency;  the  sharpness 
of  the  band  edge  transitions  of  the  spin  isochromats  is  not  impor¬ 
tant  in  this  application. 

A  WURST  pulse  pair  is  used  to  demonstrate  the  properties  of 
frequency-swept  spin  echo  trains  in  a  highly  inhomogeneous  field 
using  a  large  bottle  phantom  (following  the  experiments  in  Ref. 
[8]).  The  refocusing  pulse  design  (Fig.  1)  uses  a  WURST-40  ampli¬ 
tude  envelope  [36]  and  a  linear  frequency  sweep  of  R  =  50  kHz  over 
pulse  duration  ire/=3ms  to  adequately  cover  the  30  kHz  band¬ 
width  (Fig.  2).  The  excitation  has  the  same  envelope  and  sweep 
width  but  with  twice  the  pulse  duration  to  satisfy  the  previously 
described  sweep  rate  condition  for  quadratic  phase  cancellation. 
The  peak  pulse  amplitudes  are  yBhexcl2n  =  780  Hz  and  yBhrefl 2- 
71  =  3.12  kHz.  In  addition,  a  second  pulse  pair  is  designed  with  an 
R  =  25  kHz  sweep  width  and  half  the  pulse  duration  for  efficient 
ID  TRASE  imaging  of  smaller,  structured  phantoms  with  narrower 
spin  frequency  histograms.  The  reduced  sweep  width  enables 
shorter  pulse  lengths  and  reduced  echo  spacing,  limiting  blurring 
from  T2-decay.  This  is  advantageous  for  high-resolution  TRASE 
imaging,  where  long  echo  trains  are  necessary. 

Fig.  2  shows  Bloch  simulations  of  the  50  kHz  sweep  width 
WURST  excitation  and  refocusing  pulse  pair  along  with  the  short¬ 
est  hard  pulse  pair  achievable  with  the  same  hardware.  The  Bloch 
simulations  use  2x2  rotation  matrices  specified  by  Cayley-Klein 


time  (ms) 

Fig.  1.  Profile  of  WURST-40  refocusing  pulse  design.  Sweep  width  is  50  kHz,  pulse 
duration  is  3  ms,  peak  yB-il2n  is  3.12  kHz,  and  amplitude  taper  coefficient  is  40.  The 
excitation  pulse  uses  the  same  profile  but  with  duration  6  ms  and  yBi/27i  =  780  Hz. 


Fig.  2.  Simulated  flip  angle  and  refocused  component  as  a  function  of  off-resonance 
(AB0)  and  transmit  RF  amplitude  deviation  (ABj)  for  hard  pulses  and  50  kHz 
WURST  pulses.  The  ID  plots  correspond  to  the  black  lines  on  the  2D  plots  at  the 
nominal  B\  values  used  in  experiments.  The  target  B0  bandwidth  of  30  kHz  is 
indicated  with  gray  shading  in  the  ID  profile  plots,  (a)  Hard  pulse  pair  (80  ps  and 
160  ps,  the  shortest  achievable  pulse  lengths  with  the  available  amplifier  and  coil 
hardware).  Hard  pulse  performance  degrades  rapidly  with  both  B0  and  B\  variation, 
motivating  the  use  of  swept  WURST  pulses,  (b)  The  WURST  pulse  pair  (described  in 
Fig.  1)  covers  the  desired  excitation  bandwidth.  The  WURST  refocusing  pulse 
amplitude  is  chosen  to  lie  is  in  the  adiabatic  regime  (|B||  >  dBi/dt).  Refocusing  pulse 
errors  can  create  multiple  coherence  pathways  in  the  echo  train  and  “mixing”  of 
conventional  and  spectral  echoes  (see  Fig.  4).  As  a  precaution  against  this  effect,  the 
refocusing  pulse  phase  is  alternated  in  the  echo  train  to  prevent  a  mixture  of 
conventional  and  “spectral”  echoes. 


parameters  to  represent  the  action  of  the  RF  pulse  on  magnetiza¬ 
tion  at  each  time  point  and  isochromat  [37].  The  simulation  time 
step  is  chosen  so  that  no  spin  isochromat  undergoes  a  rotation  of 
more  than  15°  during  the  interval.  Each  pulse  is  simulated  over 
an  80  kHz  bandwidth  for  a  range  of  B\  amplitudes.  The  accuracy 
of  refocusing  pulses  is  evaluated  using  the  refocused  component 
[38].  A  refocused  component  amplitude  of  unity  for  a  particular 
isochromat  means  that  the  transverse  spins  are  flipped  symmetri¬ 
cally  about  the  intended  refocusing  axis  and  are  independent  of  B0 
inhomogeneity. 

The  simulations  show  that  while  a  hard  excitation  pulse 
achieves  a  90°  flip  angle  only  at  the  center  of  the  spin  bandwidth, 
the  WURST  pulse  achieves  a  nearly-uniform  90°  flip  angle  over  the 
entire  30  kHz  bandwidth  (indicated  in  gray).  The  difference  in  the 
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refocused  component  between  hard  pulses  and  WURST  pulses  is 
even  more  pronounced.  In  addition  to  covering  the  entire  target 
bandwidth,  the  WURST  refocusing  pulse  is  also  more  robust  to  B\ 
amplitude  deviations  in  the  adiabatic  regime,  where  \B\\  >  dB^dt. 
The  refocused  component  is  therefore  relatively  insensitive  to  flip 
angle  errors  within  the  adiabatic  regime,  reducing  the  likelihood  of 
artifacts  in  TRASE  images. 

All  experiments  are  performed  in  an  inhomogeneous  Halbach 
cylinder  permanent  magnet  previously  described  in  Ref.  [8].  The 
average  B0  field  strength  and  center  frequency  of  the  magnet  are 
77  mT  and  3.29  MHz,  respectively.  The  imaging  field-of-view 
(FOV)  is  a  16  cm  diameter  sphere.  The  B0  field  vector  is  oriented 
along  the  Halbach  cylinder’s  diameter  (z-direction),  and  TRASE 
encoding  is  performed  along  the  cylinder  axis  (x-direction).  Data 
are  acquired  with  a  single-channel  Tecmag  Apollo  console  (Hous¬ 
ton,  Texas,  USA).  The  ID  TRASE  images  in  Figs.  9  and  10  are 
acquired  using  a  custom-built  TRASE  array  of  two  transmit  coils. 
The  frequency  histogram  and  spin  echo  train  data  from  the  large 
bottle  phantom  in  Figs.  3  and  8  are  acquired  using  a  solenoid  coil 
whose  region  of  homogeneous  B\  amplitude  is  larger  than  that  of 
the  TRASE  coil  array. 

The  B0  field  map  over  the  three  cardinal  planes  is  shown  in  Fig.  3 
along  with  a  calculated  histogram  (dashed-line)  of  spin  frequencies 
over  the  volume  of  a  bottle  phantom  (9  cm  diameter,  14  cm  length) 
inside  the  magnet.  More  than  35  kHz  of  field  variation  exists  over 
the  spherical  imaging  volume,  providing  AB0/B0  ~  1%.  The  ground- 
truth  histogram  shown  in  Fig.  3  is  calculated  from  a  set  of  axial  B0 
field  maps  acquired  at  1  cm  intervals  along  x  using  a  Hall-effect 
probe  mounted  to  a  computer-controlled  positioning  arm.  Overlaid 


on  the  calculated  histogram  are  experimental  histograms  (projec¬ 
tions)  of  the  bottle  phantom  obtained  by  Fourier  transforming  spin 
echo  readouts  obtained  using  both  the  hard  and  the  50  kHz  sweep 
WURST  pulse  pairs.  The  WURST  pulse  histogram  corresponds  well 
to  the  calculated  histogram,  and  the  area  under  the  curve  is  70% 
greater  than  the  area  of  the  hard  pulse  histogram,  demonstrating 
much  better  coverage  of  the  isochromats  within  the  bottle  phantom. 

Fig.  4  shows  the  effect  of  phase  alternation  on  the  echo  train, 
comparing  no  alternation  and  a  scheme  with  a  90°  difference 
between  successive  refocusing  pulses  (used  in  Ref.  [9]).  In  the  first 
pulse  sequence,  with  no  phase  alternation  (Fig.  4a),  effects  from 
experimental  imperfections  (i.e.  refocusing  pulse  flip  angle  errors) 
accumulate  and  create  stimulated  echoes  and  other  coherences 
later  in  the  echo  train.  This  causes  a  mixture  of  conventional  and 
spectral  echoes,  which  complicates  the  quadratic  phase  correction 
method  described  above.  To  mitigate  this  problem,  the  phase  alter¬ 
nation  scheme  [9,39]  shown  in  the  second  pulse  sequence  (Fig.  4b) 
is  used  to  create  two  separate  coherence  pathways,  effectively  sep¬ 
arating  the  conventional  and  spectral  echoes  along  the  entire  echo 
train.  The  full  pulse  phase  scheme  including  cycling  over  multiple 
TRs  [9]  is  described  in  the  Fig.  4  caption. 

In  Fig.  5,  a  Bloch  simulation  illustrates  the  proposed  quadratic 
phase  correction  method  for  restoring  spectral  echoes  to 
conventional  echoes  when  the  previously  described  50  kHz  sweep 
WURST  pulses  are  used.  Echoes  from  a  numerical  phantom  with 
two  features  are  simulated  in  a  linear  B0  gradient  field  traversing 
a  40  kHz  bandwidth  over  the  field  of  view  (~30  kHz  over  the  phan¬ 
tom).  The  shape  of  the  spectral  echo  resembles  a  projection  of  the 
phantom  in  the  linear  gradient;  this  correspondence  is  easier  to  see 


Bottle  phantom  in  inhomogeneous  B0  field 


jABq/2tt 


Fig.  3.  Measured  B0  variation  with  respect  to  a  9  cm  dia.,  14  cm  long  bottle  phantom  (shown  in  outline).  The  AB0/B0  over  the  bottle  is  about  1%.  A  solenoid  volume  coil  is  used 
for  excitation  and  signal  reception,  (a)  B0  maps  in  the  3  orthogonal  planes,  (b)  Frequency  histogram  of  signal  inside  the  bottle  (obtained  from  Fourier  transforms  of  spin 
echoes)  after  a  hard-pulse  pair  (80  ps  and  160  ps)  or  a  WURST  pulse  pair  (6  ms  and  3  ms,  sweep  width  =  50  kHz).  For  comparison,  the  dotted  black  curve  shows  the  calculated 
ground  truth  histogram,  which  is  expected  if  all  of  the  spins  inside  the  bottle  were  perfectly  excited  and  refocused.  When  WURST  pulses  are  used  for  excitation  and 
refocusing,  the  area  of  the  projection  is  increased  by  70%  as  compared  with  hard  pulses.  The  WURST  projections  also  better  agree  with  the  simulated  ground  truth  projection. 
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Impact  of  phase  alternation  on  acquired  echoes 


Fig.  4.  Spin  echo  train  acquired  from  bottle  phantom  in  the  inhomogeneous  B0  field  using  WURST  swept  pulses.  Since  Rrej=  2Rexc,  the  quadratic  phase  modulation  is  removed 
from  the  first  echo.  Because  the  same  Rre/  is  used  on  all  refocusing  pulses,  the  quadratic  phase  is  also  removed  from  subsequent  odd-numbered  echoes.  However,  even- 
numbered  echoes  retain  a  quadratic  phase.  This  creates  “spectral  echoes”  in  which  different  isochromats  refocus  at  different  times  depending  on  where  they  occur  in  the 
frequency  sweep.  This  causes  the  echo  shape  to  resemble  a  projection  of  the  object,  (a)  Without  phase  alternation  all  RF  refocusing  pulses  use  the  same  phase  (noted  in  the 
subscripts).  Errors  in  the  refocusing  pulse  flip  angle  lead  to  mixing  of  the  conventional  and  spectral  echoes  in  later  echoes.  This  renders  the  data  difficult  to  use  with  TRASE.  (b) 
With  the  chosen  phase  alternation  scheme,  the  refocusing  pulse  phase  alternates  between  0°  and  90°.  This  forms  two  coherence  pathways  and  maintains  better  separation 
between  the  spectral  and  conventional  echoes.  To  limit  spin  history  effects  between  TRs,  the  phase  of  the  excitation  pulse,  refocusing  pulse  pairs,  and  receiver  is  varied  every 
four  TRs  as  follows:  <j)exc  =  [0,180,90,270],  <£re/1  =  [90,90,0,0],  J>ref2  =  [0,0,90,90],  0acq  =  [90,270,180,0]. 
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Fig.  5.  ID  Bloch  simulation  and  method  of  restoring  the  spectral  echoes  from  the  smearing  caused  by  the  quadratic  phase,  (a)  Numerical  phantom  and  its  ID  projection.  A 
linear  variation  in  AB0  field  was  assumed,  (b)  Echoes  simulated  using  the  ID  phantom.  The  spectral  echo  is  represented  as  a  convolution  of  a  conventional  echo  with  a 
temporal  chirp  function.  Real  and  imaginary  components  and  magnitudes  are  shown.  In  the  Fourier  transform  domain,  the  magnitude  spectrum  of  the  two  echo  types  look 
almost  identical.  However,  the  phase  of  the  conventional  echo  is  relatively  flat  while  the  spectral  echo  has  a  quadratic  phase  profile,  (c)  The  conventional  echo  shape  is 
restored  by  subtracting  the  difference  between  the  phase  profiles  of  the  two  echo  types  in  the  Fourier  transform  domain,  and  then  transforming  back  to  the  time.  A  n  phase 
shift  is  also  applied  to  the  third  and  fourth  echoes  to  compensate  for  the  effects  of  the  RF  pulse  phase  alternation  scheme  (see  Fig.  4).  After  the  phase  correction,  all  echoes  in 
the  train  have  a  conventional  echo  shape.  As  long  as  the  readout  window  is  long  enough  to  contain  the  entire  spectral  echo,  the  transform  is  information-preserving.  Simulated 
parameters :  Texc  =  6ms,  Rexc  =  50  kHz/6  ms,  peak  yB\fiXCl2n  =  780  Hz,  Tre/=3ms,  Rre/=  50  kHz/3  ms,  peak  yB\^ef\2n  =  3.12  kHz,  echo  spacing  =  10  ms,  TR  =  2.5s,  readout 
duration  =  6.4  ms. 


for  the  simulated  linear  gradient  than  for  the  experimental 
inhomogeneous  B0  field. 

As  discussed  previously,  the  time  domain  spectral  echo  can  be 
described  as  a  convolution  of  the  conventional  echo  with  a 
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temporal  chirp  function  whose  scaling  parameter,  /?,  depends  on 
the  sweep  rate  of  the  WURST  pulse  (Fig.  5b  top).  In  the  Fourier 
transform  domain,  the  two  echo  types  have  essentially  the  same 
magnitude  (some  Gibbs  ringing  is  seen  due  to  the  finite  duration 
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of  the  spectral  echo  readout  window)  but  the  phases  differ  by  a 
quadratic  offset  over  the  spin  bandwidth  (Fig.  5b  bottom).  To 
restore  the  spectral  echoes  to  conventional  echoes,  the  difference 
between  the  phase  of  the  Fourier-transformed  conventional  and 
spectral  echoes  is  subtracted  out,  and  the  signals  are  inverse  Four¬ 
ier  transformed  back  to  the  time  domain  (Fig.  5c).  The  equivalent 
operation  can  be  performed  in  the  time  domain  by  convolving 
the  spectral  echo  with  an  appropriately  scaled,  conjugated  version 
of  the  quadratic  phase  chirp  function  (Eq.  (5)). 

The  procedure  for  performing  ID  TRASE  phase  encoding  with 
two  B\  phase  gradients  is  illustrated  in  Fig.  6,  but  is  more  fully 
described  in  Refs.  [19,20].  While  TRASE  can  in  general  be  per¬ 
formed  using  any  two  distinct  B\  phase  profiles,  we  assume  two 
equal  and  opposite  phase  ramps  in  this  work  described  by  slopes 
+27iki  and  -2nk\.  These  phase  ramps  are  designed  to  reach  a  max¬ 
imum  phase  dispersion  of  71/8  at  the  edge  of  the  FOV  of  the  image, 
and  determine  the  TRASE  k-space  origins:  +/<i  and  -k\.  The  first 
echo  in  the  WURST  spin  echo  train  is  refocused  with  the  positive 


cp+(x)  =  +2nk1x 


TRASE  spin  echo  train 
90°+  180°+  180°-  180°+  180°- 

y-n  n  n  n 


Signal 

acquisition 


Fig.  6.  TRASE  fc-space  encoding  using  opposite  sign,  spatially  linear  B\  phase  ramps, 
which  alternate  between  even  and  odd  numbered  spin  echoes,  (a)  The  two 
switchable  phase  slopes  applied  by  a  specialized  transmit  coil  array  over  the  FOV. 
(b)  fc-space  is  traversed  by  alternating  the  sign  of  the  phase  ramp  between 
successive  echoes  in  a  spin  echo  train.  For  a  conventional  coil  with  no  phase  ramp 
the  spin-echo  reflection  point  is  at  k  =  0.  For  the  TRASE  coil  with  a  phase  ramp 
described  by  <p+(x)  =  +2n  k^x,  the  reflection  point  is  +/<i.  If  the  pulse  is  played  with  a 
second  phase  ramp  described  by  (p-(x)  =  -2n  k^x,  the  reflection  point  is  —k\.  The 
signal  of  the  first  echo  records  the  k  =  +/<i  because  the  excitation  imparts  a  phase  of 
+/<i  and  the  refocusing  pulse  reflects  this  around  the  origin  for  this  phase  ramp  (+ki) 
leaving  it  at  k\.  The  second  refocusing  pulse  (a  pulse),  reflects  the  signal  around 
its  origin  (-/<i)  as  shown  by  the  blue  arrow,  leaving  the  signal  at  k  =  -3/<i.  The  third 
refocusing  pulse  is  a  “+”  pulse  and  thus  reflects  about  +/<!  leaving  the  signal  at  k  = 
+5/<i.  Defining  A k  =  4 k-i  allows  us  to  interpret  the  resultant  sampling  pattern  as 
Cartesian  sampling  with  a  FOV  =  1/A k  and  a  spatial  resolution  of  FOV/ETL  where 
ETL  is  the  echo  train  length.  Figure  adapted  from  Ref.  [19]. 


B\  phase  slope,  and  has  applied  phase-weighting  +1<  1.  When  the 
sign  of  phase  gradient  is  flipped  for  the  second  refocusing  pulse, 
the  phase  of  the  acquired  echo  is  reflected  across  the  -ki  origin. 
The  third  pulse  has  positive  phase  gradient  and  in  turn  reflects 
the  k-space  trajectory  across  the  +ki  origin.  Each  successive  pulse 
thereby  has  the  effect  of  adding  A k  =  4 to  the  trajectory.  Because 
the  spacing  between  points  is  equal  to  4ki,  the  result  is  that 
FOV=  1/Ak  =  l/4ki.  The  value  4ki  is  analogous  to  the  gradient 
moment  of  a  phase  encoding  step,  yG0At,  which  is  the  k-space  dis¬ 
tance  traversed  by  a  conventional  B0  gradient  with  amplitude  G0 
and  pulse  duration  At,  where  y  is  the  gyromagnetic  ratio. 

In  order  to  perform  the  quadratic  phase  correction  in  the  exper¬ 
imental  implementation  of  TRASE  with  WURST  pulses,  the  sign  of 
the  TRASE  phase  slope  is  not  flipped  until  the  third  refocusing 
pulse  in  the  echo  train  (not  shown  in  Fig.  6).  Therefore  the  first 
two  echoes  have  no  TRASE  phase  encoding  and  any  phase  differ¬ 
ences  between  the  two  echoes  are  attributable  to  the  quadratic 
phase  profile  imparted  by  the  WURST  refocusing  pulse.  As  such, 
the  phase  difference  between  the  Fourier  transforms  of  the  two 
echoes  is  used  for  quadratic  phase  removal,  restoring  all  spectral 
echoes  in  the  train  to  conventional  echoes. 

At  the  echo  refocusing  time,  TE,  phase  terms  from  the  inhomo¬ 
geneous  B0  field  are  completely  refocused  by  the  spin  echo,  leaving 
only  modulation  caused  by  the  TRASE  phase  encoding  along  with 
T2  decay  and  a  very  small  diffusion  weighting.  To  form  a  ID  projec¬ 
tion  of  the  object  using  TRASE,  a  k-space  vector  is  assembled  by  re¬ 
ordering  the  mid-points  of  each  phase-corrected  echo  in  the  train 
(Fig.  6b).  The  ID  image  is  then  formed  by  taking  the  Fourier  trans¬ 
form  of  the  TRASE  k-space  vector. 

Equivalently,  the  on-resonance  component  can  be  obtained  by 
integrating  the  Fourier  transform  of  each  echo  in  the  train.  The 
resulting  points  are  then  and  re-ordered  to  form  TRASE  k-space. 
While  this  is  mathematically  equivalent  to  taking  the  mid-point 
of  the  echo  under  ideal  circumstances,  it  has  the  advantage  of 
being  less  sensitive  to  timing  errors  in  the  pulse  sequence. 

To  realize  a  TRASE  gradient  B\  field,  a  two-channel  transmit 
array  was  designed  that  consists  of  two  nested  cylindrical  coils 
(Fig.  7)  [40].  In  the  spirit  of  the  TRASE  coil  in  Ref.  [41  ],  we  combine 
a  “cosine”  E\  amplitude  coil  in  spatial  quadrature  with  a  “sine”  B\ 
amplitude  coil  to  generate  a  linear  phase  ramp  between  -71/8  and 
7i/8  across  the  FOV.  Coil  1  is  a  short  4-turn  birdcage  coil  (12  rungs, 
18  cm  diam.,  22  cm  length)  that  produces  a  B\  field  pointed  along  y 
with  a  cosine  shape  variation  along  x,  B\y  =  |cos(27rkiX).  The 
use  of  multiple  turns  in  the  birdcage  coil,  previously  described  in 
Ref.  [42],  increases  the  B\  efficiency  of  the  coil,  reducing  the  RF 
power  requirements.  Coil  2  is  a  10-turn  Maxwell  coil  (22  cm  diam., 
18  cm  length).  The  Maxwell  coil  produces  a  B\  field  pointed  along  x 

with  a  sine  shape  variation  along  x,  B\x  =  |#fxy|sin(27ikix).  The  coils 

are  tuned  to  the  Larmor  frequency  (3.29  MHz)  and  decoupled  with 
a  toroidal  transformer  (S2i  =  -15  dB  isolation). 

Fig.  7  shows  the  ideal  relative  magnitude  of  B^x  and  Biy  from  the 
two  coils  over  the  20  cm  encoded  field-of-view.  When  the  two  coils 

are  driven  to  produce  an  equal  xy  |  amplitude  and  their  fields  vary 
according  to  the  same  spatial  frequency,  ki,  they  produce  the 
desired  B\  field,  B\ (x)  =  |B^xy  |e+l27r,<lX  (uniform  magnitude  and  linear 

phase).  To  control  the  sign  of  the  B\  phase  gradient,  a  180° 
phase  shifter  is  added  in  the  Maxwell  coil  RF  path.  Pulses  with 
the  180°  phase  shift  produce  a  negative  phase  gradient, 

B | (x)  =  |#[xy  |e_l’27lfel*,  which  allows  for  a  sign  change  on  every  other 

refocusing  pulse  in  TRASE  echo  trains.  The  birdcage  coil  is  used  for 
signal  reception  since  it  has  a  more  uniform  B\  amplitude  than  the 
Maxwell  coil  over  the  phantom  VOI.  The  Bj  magnitude  and  phase  of 
each  coil  are  separately  mapped  using  a  small  field  probe  on  a 
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Fig.  7.  Design  of  experimental  TRASE  transmit  coil  with  uniform  B\  amplitude  and  linear  phase  along  the  encoding  direction.  The  B0  field  is  transverse  to  the  axis  of  the 
cylindrical  TRASE  coil  array,  (a)  The  coil  array  is  realized  as  a  multi-turn  birdcage  coil  with  a  nested  Maxwell  pair  coil,  (b)  The  coils  are  designed  to  approximate  the  cosine  and 
sine  terms  of  Euler’s  equation  for  a  linear  phase  ramp.  The  sign  of  the  phase  ramp  can  be  flipped  by  applying  a  180  deg.  phase  shift  to  the  Maxwell  coil  RF  transmit  path,  (c) 
The  birdcage  coil  generates  a  transverse  field  (B ly)  with  cosine  amplitude  variation  over  the  FOV  (x  direction),  while  the  Maxwell  coil  generates  a  longitudinal  field  (Biz)  with 
approximately  sine  amplitude  variation.  Four  turns  of  wire  are  used  in  each  birdcage  rung  to  provide  increased  B\  field  for  minimizing  the  needed  swept  RF  pulse  duration. 
The  coils  are  decoupled  to  Si2  =  —15  dB  using  a  toroidal  transformer  to  cancel  the  mutual  inductance. 


computer-controlled  positioning  arm  to  measure  S2 1  between  each 
coil  and  the  probe.  The  two  measurements  are  weighted  propor¬ 
tional  to  the  RF  transmit  voltage  applied  to  each  coil  and  combined 
to  create  a  Bi  map  for  the  TRASE  array  coil  (see  Supplemental  Fig.  1 ). 
This  map  is  used  to  determine  the  FOV  suitable  for  TRASE  imaging. 

Because  of  the  low  Larmor  frequency  of  3.29  MHz  and  the  wide 
pulse  bandwidths  of  25  kHz  and  50  kHz  (~1%  of  the  Larmor  fre¬ 
quency),  care  must  be  taken  to  ensure  that  the  coil  is  impedance 
matched  across  the  entire  bandwidth  to  avoid  errors  for  off- 
resonant  spins.  A  10  ohm  resistor  is  added  to  each  of  the  two  coils 
to  decrease  the  quality  factor  (Q)  and  widen  the  impedance  match 
of  the  coil  so  that  RF  energy  is  transmitted  evenly  across  the  entire 
pulse  bandwidth. 

The  two  TRASE  coils  are  driven  by  two  independent  RF  power 
amplifiers  (Tomco,  Stepney,  Australia).  To  implement  the  Bu+  sign 
change,  the  small-signal  RF  input  to  one  of  the  amplifiers  is  phase 
shifted  using  a  PIN-diode  actuated  lumped-element  180°  phase 
shifter.  This  approach  eliminates  the  need  for  a  high-power  phase 
shifter  and  unequal  power  divider,  as  used  for  TRASE  imaging  in 
Ref.  [41  ].  A  length  of  coaxial  cable  is  added  to  one  of  the  transmit 
paths  to  equalize  the  temporal  RF  phase  at  the  inputs  to  the  two 
TRASE  coils  (as  measured  on  a  network  analyzer).  A  high-power 
directional  coupler  is  used  to  measure  the  incident  and  reflected 
RF  power  in  each  of  the  two  paths.  The  power  balance  between 
the  two  TRASE  coils  is  adjusted  by  adding  attenuators  to  the  signal 
input  to  the  Maxwell  coil  RF  power  amplifier  until  the  desired 
TRASE  Bj  phase  slope  is  achieved  across  the  FOV. 

Experimental  TRASE  ID  images  are  acquired  on  two  simple  tap 
water  phantoms.  Ti  and  T2  of  the  tap  water  is  measured  with  a  Bru- 
ker  Minispec  mq20  relaxometer  (Billerica,  MA,  USA)  at  7.5  MHz  to 
assess  the  impact  of  relaxation  on  the  TRASE  images. 

TRASE  spin  echo  image  data  are  acquired  using  the  WURST 
pulses  as  well  as  hard  pulses  for  comparison.  The  two  pulse  phas¬ 
ing  schemes  described  in  Fig.  4  are  also  compared.  The  WURST 
pulse  sweep  width  is  set  to  25  kHz.  The  single-shot  echo  train 
length  (and  number  of  TRASE  k-space  points)  is  128.  The  excitation 
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pulse  duration  is  3  ms  and  the  refocusing  pulse  duration  is  1.5  ms. 
Peak  RF  power  yB^I2n  is  650  Hz  for  excitation  and  2.6  kHz  for  refo¬ 
cusing.  The  readout  sampling  bandwidth  is  set  to  40  kHz  and  96 
samples  are  acquired.  The  width  of  the  spectral  echoes  depends 
on  the  WURST  refocusing  pulse  sweep  rate.  For  the  pulse  used 
here,  the  2.4  ms  acquisition  window  is  wide  enough  to  capture 
all  signals  in  the  spectral  echoes  that  refocus  at  different  points 
in  time.  The  acquisition  window  and  WURST  pulse  duration  set 
the  minimum  echo  spacing  at  7.6  ms,  corresponding  to  an  echo 
train  length  of  972.8  ms  for  128  echoes.  The  TR  is  set  to  2.5  s  and 
96  averages  are  acquired  for  a  total  acquisition  time  is  240  s. 
Unfortunately,  a  suitable  linear  B0  gradient  coil  is  unfeasible  for 
projection  imaging  in  the  highly  inhomogeneous  low  field  scanner. 
Consequently,  we  are  not  able  to  acquire  a  reference  ID  image  to 
use  as  ground  truth  (as  in  Refs.  [19,20]). 

The  diffusion  weighting  in  the  CPMG  echo  train  is  estimated 
using  the  following  equation  [1], 

J-  =  ^y2c2oDt2TE  (6) 

1  diff  1 4 

where  3r  =  2-  +  _L_  and  D  is  assumed  to  be  2.3e-5  cm2/s  for  tap 

water  [1].  While  this  equation  only  describes  the  diffusion  weight¬ 
ing  of  the  CPMG  component,  and  coherences  such  as  stimulated 
echoes  have  a  different  (and  potentially  larger)  diffusion  weighting, 
we  take  this  to  be  a  reasonable  approximation  for  our  CPMG  exper¬ 
iment,  since  care  has  been  taken  to  minimize  the  signal  contribu¬ 
tion  of  unwanted  coherences.  To  estimate  the  “worst-case” 
maximum  possible  diffusion  weighting,  we  consider  spins  at  the 
edge  of  the  region-of-interest  at  a  radius  of  approximately  8  cm 
from  the  magnet  isocenter,  where  the  local  B0  field  variation  is 
approximately  5000  Hz/cm.  We  also  calculate  the  average  diffusion 
weighting  over  the  full  FOV.  Finally,  TRASE  image  reconstruction  is 
simulated  on  a  ID  numerical  phantom  with  and  without  blurring 
due  to  relaxation  and  diffusion. 
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4.  Results 

The  Ti  and  T2  values  for  the  tap  water  used  in  the  imaging  phan¬ 
toms  were  measured  to  be  3400  ms  and  2500  ms,  respectively,  at 
7.5  MHz.  Given  the  relative  insensitivity  of  T2  to  field  strength,  this 
T2  value  is  taken  to  be  a  reasonable  approximation  to  T2  at  our 
experimental  Larmor  frequency  of  3.3  MHz.  For  areas  of  objects 
extending  to  the  edge  of  the  8  cm  spherical  FOV,  Eq.  (4)  yields  an 
effective  relaxation  constant  of  12  =  1962  ms,  corresponding  to 
only  7%  extra  signal  attenuation  at  the  end  of  the  972.8  ms  echo 
train.  Similarly,  the  average  frequency  gradient  over  the  FOV  is 
estimated  to  be  2500  Hz/cm,  yielding  an  average  T'2  =  2338  ms 
(only  2%  extra  attenuation  at  the  end  of  the  echo  train).  Since  these 
values  of  T'2  are  still  considerably  longer  than  the  972.8  ms  echo 
train  used  to  acquire  the  TRASE  data,  the  impact  of  the  diffusion 
weighting  on  the  signal  intensity  is  quite  modest  for  our  experi¬ 
mental  parameters.  Supplemental  Fig.  2  shows  that  the  combined 
effect  of  T2  decay  and  the  worst-case  diffusion  weighting  causes 
only  a  minor  blurring  of  the  object  (shown  with  the  orange  arrow). 

Experimental  validation  of  the  quadratic  phase  correction 
method  is  shown  in  Fig.  8.  The  first  four  echoes  of  a  WURST  echo 
train  acquired  on  a  large  bottle  phantom  are  plotted.  The  spectral 
echoes  (Fig.  8a)  show  the  characteristic  broadening  caused  by  the 
refocusing  of  each  isochromat  at  different  time  points,  resembling 
a  ID  projection  of  the  bottle  phantom  in  the  inhomogeneous  B0 
field.  The  projection  shape  roughly  corresponds  to  the  histogram 
of  frequencies  within  the  bottle  shown  in  Fig.  3.  When  the  spectral 
echoes  are  Fourier  transformed  and  the  quadratic  phase  is  sub¬ 
tracted  out,  their  time-domain  shape  is  restored  to  that  of  a  con¬ 
ventional  echo  (Fig.  8b),  as  previously  shown  in  simulations  in 
Fig.  5.  The  third  and  fourth  echo  (and  multiples  of  those  echoes 
later  in  the  train)  are  further  multiplied  by  exp(nr)  to  compensate 
for  the  -7i  phase  offset  applied  by  the  phase  alternation  of  the  refo¬ 
cusing  pulses. 

Measured  B\  amplitude  and  phase  field  maps  for  the  TRASE 
array  coil  are  plotted  in  Supplemental  Fig.  1  for  the  three  cardinal 
planes  with  5%  delta  contours  overlaid.  The  phase  gradient  varies 
between  approximately  -71/8  and  +71/8  over  a  distance  of  20  cm. 
This  nominally  determines  the  TRASE  A k  step  size  and  the  corre¬ 
sponding  encoding  FOV  of  20  cm.  However,  the  B\  amplitude  drops 
off  sharply  toward  the  edge  of  the  TRASE  axis  and  also  in  the  plane 
transverse  to  this  axis.  As  discussed  below,  B\  amplitude  variation 
greater  than  -10%  can  cause  echo  train  defects  and  TRASE  image 


artifacts.  So  although  the  phase  gradient  is  capable  of  encoding  a 
FOV  of  20  cm,  the  usable  axial  FOV  is  limited  to  —13  cm  due  to 
the  B\  amplitude  roll-off.  In  the  y  and  z  directions,  B\  is  deemed 
sufficiently  uniform  over  a  roughly  ±2  cm  region.  Consequently, 
the  phantoms  used  for  TRASE  imaging  are  restricted  to  the 
4  cm  x  4  cm  x  13  cm  rectangular  VOI  overlaid  on  the  plots  in  gray. 

Fig.  9  shows  ID  TRASE  imaging  performed  on  a  phantom  made 
up  of  three  2.54  cm  dia.  (1")  tap  water-filled  spheres  separated  by  a 
gap  of  2.54  cm  (12.7  cm  total  spatial  extent).  Fig.  9b  shows  exper¬ 
imental  data  in  which  spectral  echoes  have  been  converted  to  con¬ 
ventional  echoes  using  the  proposed  phase  correction  method.  The 
effect  of  TRASE  phase  encoding  is  easily  seen  in  the  shape  of  the 
echoes,  which  no  longer  all  have  the  same  shape  and  whose 
mid-points  no  longer  follow  a  smooth  T2-decay  curve.  TRASE  k- 
space  (Fig.  9c)  is  formed  by  rearranging  the  mid-points  of  each 
echo  in  the  train.  The  k-space  data  is  Fourier  transformed  to  gener¬ 
ate  a  ID  image  (Fig.  9d)  that  clearly  shows  the  position  of  the  three 
balls  within  this  FOV.  The  FOV  estimated  from  the  TRASE  coil  phase 
slope  is  20  cm,  however  this  FOV  places  the  balls  slightly  too  close 
together  (closer  to  -4  cm)  along  the  x  axis.  We  have  therefore  used 
the  known  position  of  the  balls  to  infer  the  effective  FOV  to  be 
25  cm  for  the  TRASE  coil,  and  we  have  set  the  x  axis  in  the  plot 
accordingly.  We  note  that  this  method  is  commonly  used  for  cali¬ 
bration;  B0  gradient  coil  sensitivity  is  often  measured  using  projec¬ 
tions  of  an  object  of  known  size.  Ignoring  the  minor  effect  of  T2  and 
diffusion,  the  nominal  spatial  resolution  is  the  TRASE  FOV  (set  by 
the  slope  of  the  coil  phase  gradient)  divided  by  the  echo  train 
length:  -25  cm/128  =  0.2  cm. 

While  Fig.  9  shows  results  using  the  appropriate  RF  pulses, 
phase  corrections,  and  phase  alternation  scheme,  Fig.  10  demon¬ 
strates  the  importance  of  these  choices.  The  TRASE  data  in  Fig.  10 
was  acquired  on  the  cylinder-and-sphere  water  phantom 
(Fig.  10a).  For  this  phantom,  the  WURST  echo  train  is  shown  before 
and  after  phase-correction  (Fig.  10b).  The  corrected  train  is  then 
overlaid  with  and  without  TRASE  phase  encoding  enabled  for  the 
first  eight  echoes  in  the  train,  highlighting  the  spin  dephasing 
caused  by  the  TRASE  phase  gradient.  The  ID  image  obtained  from 
hard  pulse  data  (Fig.  10c)  shows  severe  off-resonance  effects 
resulting  in  distorted  shapes  for  the  two  objects  in  the  FOV  as  well 
as  a  large  “DC”  artifact  created  by  un-encoded  spins  (at  the  edge  of 
the  FOV).  Severe  artifacts  also  result  when  data  is  acquired  using 
WURST  pulses  without  phase  alternation  (Fig.  lOd).  In  this  case, 
the  shape  of  the  two  objects  is  distorted  and  the  DC  artifact  occurs 
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Fig.  8.  Experimental  demonstration  of  phase  correction  method  to  change  spectral  echoes  to  a  conventional  echo  shape  in  the  phantom  with  an  inhomogeneous  B0  field.  Data 
are  acquired  using  the  same  9  cm  dia.,  14  cm  long  bottle  phantom  as  in  Figs.  3  and  4.  The  spin  echo  train  uses  phase  alternation  (noted  in  subscript)  on  the  refocusing  pulses 
but  no  TRASE  modulation  applied.  The  difference  in  echo  amplitude  between  even  and  odd  echoes  is  attributed  to  B\  field  variations  over  the  large  volume  of  the  sample 
within  the  TRASE  coil.  Sequence  parameters :  Texc  =  6ms,  Rexc  =  50  kHz/6  ms,  peak  yBi  exc/27i  =  780  Hz,  Tre/=3ms,  Rref=  50  kHz/3  ms,  peak  yBi  re//27i  =  3.12  kHz,  echo 
spacing  =  10  ms,  TR  =  2.5  s,  readout  duration  =  6.4  ms,  sampling  bandwidth  =  40  kHz,  number  of  averages  =  8. 
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Fig.  9.  Experimental  ID  TRASE  imaging  performed  using  single-shot  WURST  spin  echo  train  in  an  inhomogeneous  field,  (a)  Three-ball  tap  water-filled  phantom  used  in 
experiment.  The  balls  are  2.54  cm  in  diameter  (1")  and  the  gap  between  them  is  also  2.54  cm.  The  full  width  of  the  phantom  is  12.7  cm.  (b)  The  first  12  echoes  out  of  128  echo 
train  that  have  been  corrected  with  the  quadratic  phase  correction  procedure.  An  extra  echo  at  the  beginning  (gray  shaded)  of  the  train  is  acquired  with  no  TRASE  phase 
modulation  and  is  used  to  perform  the  phase  correction  on  the  even-numbered  echoes  in  the  train.  The  mid-point  of  each  96-point  echo  is  used  as  the  TRASE  k-space  sample 
since  the  echo  mid-point  is  modulated  only  by  TRASE  and  not  by  the  inhomogeneous  B0  field,  (c)  ID  k-space  formed  by  re-ordering  the  mid-points  of  each  echo,  (d)  The  ID 
image  magnitude  formed  from  the  k-space  data.  The  projections  of  the  three  balls  are  clearly  visible  in  the  25  cm  field-of-view  ID  image.  Sequence  parameters :  xexc  =  3  ms, 
Rexc  =  25  kHz/3  ms,  peak  yB\fiXd2n  =  650  Hz,  ire/=  1.5  ms,  Rre/=  25  kHz/1.5  ms,  peak  yBijre//27c  =  2.6  kHz,  echo  spacing  =  7.6  ms,  TR  =  2.5  s,  readout  duration  =  2.4  ms,  echo  train 
length  =  128,  echo  train  duration  =  972.8  ms,  sampling  bandwidth  =  40  kHz,  number  of  averages  =  96. 
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Fig.  10.  Experimental  comparison  of  WURST  pulses,  hard  pulses,  and  the  two  different  refocusing  pulse  phasing  schemes  for  ID  imaging,  (a)  Tap-water  phantom  comprised 
of  3  cm  wide  cylinder  and  5  cm  diameter  sphere,  (b)  Echo  train  without  (raw)  and  with  (corrected)  quadratic  phase  removal.  The  effect  of  turning  on  the  TRASE  modulation  is 
also  shown,  (c-e)  ID  images  reconstructed  from  the  hard  pulses  and  WURST  pulse  trains.  The  WURST  reconstructions  are  shown  with  and  without  phase  alternation  of  the  RF 
pulses,  (c)  Hard  pulse  TRASE  image.  As  expected,  the  projections  formed  using  hard  pulses  with  TRASE  modulation  are  severely  distorted  due  to  flip  angle  and  phase  errors 
caused  by  the  limited  bandwidth  of  the  hard  pulses  (80  ps  and  160  ps  for  excitation  and  refocusing  pulses).  Hard  pulse  results  without  phase  alternation  (not  shown)  are  even 
more  distorted,  (d)  WURST  image  without  phase  alternation.  Refocusing  pulse  defects  can  cause  mixing  of  conventional  and  spectral  echo  types  for  echoes  in  the  train  (see 
Fig.  4),  corrupting  the  reconstruction,  (e)  WURST  image  with  phase  alternation.  The  phase  alternation  mitigates  coherence  pathway  problems,  producing  a  higher  fidelity 
TRASE  image.  WURST  sequence  parameters :  Texc  =  3ms,  Re*c  =  25  kHz/3  ms,  peak  yB^jexd2n  =  650  Hz,  Tre/=1.5ms,  Rref=  25  kHz/1.5  ms,  peak  yB-ijefl2n  =  2.6  kHz,  echo 
spacing  =  7.6  ms,  TR  =  2.5s,  readout  duration  =  2.4  ms,  echo  train  length  =  128,  echo  train  duration  =  972.8  ms,  sampling  bandwidth  =  40  kHz,  number  of  averages  =  96. 
Ignoring  the  relatively  minor  T2  and  diffusion  weightings,  the  effective  spatial  resolution  is  approximately  FOV/128  =  25/128  =  0.2  cm. 
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in  the  center  of  the  FOV  rather  than  the  edge.  By  contrast,  when 
phase  alternation  is  used  with  the  WURST  pulses  (Fig.  lOe),  the 
projections  show  the  expected  correspondence  to  the  shape  and 
size  of  the  phantoms  as  well  as  the  distance  between  them.  There 
is  still  a  DC  component  artifact  at  the  edge  of  the  FOV,  but  it  is 
greatly  attenuated. 


5.  Discussion 

Initial  ID  image  results  demonstrate  that  TRASE  can  be  adapted 
to  perform  spatial  encoding  in  highly  inhomogeneous  B0  fields. 
When  hard  pulses  (used  in  previous  realizations  of  TRASE)  are 
replaced  by  WURST  pulses  and  suitable  phase  alternation  and 
phase  correction  are  applied,  ID  TRASE  images  acquired  in  the 
inhomogeneous  field  are  markedly  improved  (Figs.  9  and  10). 
Our  extension  of  the  TRASE  method  thus  substantially  mitigates 
off-resonance  effects  on  image  quality,  which  the  inventors  of 
TRASE  anticipated  in  Ref.  [20]  as  a  chief  obstacle  to  widespread 
adoption  of  the  method. 

The  phase  correction  method  introduced  here  allows  spectral 
echoes  to  be  used  for  populating  one  half  of  k-space.  For  TRASE 
imaging,  we  implement  the  phase  correction  by  taking  the  differ¬ 
ence  between  the  phase  of  the  Fourier  transform  of  the  first  two 
echoes  in  the  train  (and  optionally  fitting  this  difference  to  a  poly¬ 
nomial).  We  note  that  while  this  approach  has  the  advantage  of 
being  “auto-calibrating”,  it  may  be  unsuitable  for  data  with  poor 
SNR.  In  the  latter  case,  the  quadratic  phase  profile  should  be  calcu¬ 
lated  analytically  and  applied  to  the  Fourier  transform  of  the  spec¬ 
tral  echoes  (or  equivalently,  applied  as  a  convolution  in  the  time- 
domain). 

Given  that  TRASE  is  synergistic  with  lightweight,  low-field 
imaging  systems,  where  it  may  not  be  practical  to  achieve  a  highly 
uniform  B0  field,  our  results  represent  a  significant  advance  toward 
developing  this  application  with  TRASE.  However,  the  results  also 
show  that  there  is  room  for  further  refinement  of  the  TRASE- 
WURST  acquisition  and  reconstruction.  For  example,  a  modest 
DC  component  still  exists  in  the  projections  in  Figs.  9  and  10  at 
the  edge  of  the  FOV,  most  likely  arising  from  spin  coherence  path¬ 
ways  that  are  not  properly  excited  and/or  refocused  in  the  echo 
train.  Therefore,  these  spins  are  not  properly  encoded  by  the  TRASE 
phase  gradient.  Additionally,  in  Fig.  8,  the  even  and  odd  phase- 
corrected  echoes  show  differences  in  amplitude  that  can  arise  from 
|Bj|  spatial  variation  over  the  sample.  In  TRASE  data,  this  can  create 
a  bias  offset  between  the  positive  and  negative  halves  of  the 
acquired  TRASE  k-space  data,  causing  artifacts. 

Bloch  simulations  show  that  the  echo  amplitude  alternation  in 
Fig.  8  can  arise  from  B\  variations  over  the  large  bottle  phantom. 
Supplemental  Fig.  3  displays  echoes  that  are  simulated  using  the 
same  RF  pulses  and  sequence  parameters  as  the  large  bottle  exper¬ 
iment  in  Fig.  8.  For  simplicity,  a  rectangular  ID  phantom  is  used 
and  a  linear  B\  field  with  ±10%  variation  over  the  phantom  is 
assumed.  Simulations  are  compared  for  an  inhomogeneous  quad¬ 
ratic  B0  field  with  ~25  kHz  variation  over  the  phantom  as  well  as 
for  a  uniform  B0  field.  In  the  latter  case,  an  artificial  TJ  weighting 
is  added  to  permit  echo  formation  for  purposes  of  illustration. 
The  B\  amplitude  variation  creates  echo  amplitude  differences  con¬ 
sistent  with  those  observed  for  the  large  bottle  phantom  in  Fig.  8. 
Specifically,  the  phase-corrected  spectral  echoes  show  a  higher 
peak  amplitude  than  the  conventional  echoes.  Altering  the  excita¬ 
tion  flip  angle  does  not  reproduce  the  alternating  echo  amplitude 
effect.  For  the  TRASE  array  coil  used  in  this  work,  B\  roll-off  near 
the  edge  of  the  coil  limits  the  usable  FOV  to  ~13  cm.  In  practice, 
the  coil’s  limited  impedance  match  bandwidth  may  also  contribute 
to  the  effective  B\  variation  applied  to  spin  isochromats  in  the 
sample. 


Table  1 

A  summary  of  previously  published  Ti  and  T2  measurements  at  low  magnetic  field 
strengths  for  gray  matter,  white  matter,  and  cerebrospinal  fluid. 


Tissue  type 

Ti  (ms) 

Bo  (T) 

Ref. 

T2  (ms) 

Bo  (T) 

Ref. 

Gray  matter 

500 

0.08 

[43] 

60 

0.2 

[44] 

55-74 

0.5 

[45] 

White  matter 

250 

0.08 

[43] 

42 

0.2 

[44] 

64 

0.5 

[45] 

Cerebrospinal  fluid 

4360 

0.15 

[46] 

1760 

0.15 

[46] 

We  note  that  the  even/odd  echo  amplitude  variation  effect  is  a 
separate  phenomenon  from  the  “mixing”  of  conventional  and  spec¬ 
tral  echoes  that  occurs  when  the  refocusing  pulse  is  not  in  the  adi¬ 
abatic  regime.  However,  as  illustrated  in  Fig.  4,  the  echo  mixing 
effect  is  readily  circumvented  through  the  use  of  phase  alternation 
to  separate  the  coherence  pathways  of  the  conventional  and  spec¬ 
tral  echoes. 

A  disadvantage  of  using  WURST  pulses  instead  of  hard  pulses  is 
the  longer  pulse  duration  and  corresponding  increase  in  echo  spac¬ 
ing,  which  increases  attenuation  of  high  frequency  k-space  points 
by  T2-decay.  For  our  proof-of-concept  experiments,  we  used  tap 
water  phantoms  with  T2  greater  than  the  entire  echo  train  dura¬ 
tion,  minimizing  the  impact  of  T2-decay  and  isolating  to  the  extent 
possible  the  effect  of  TRASE  phase  modulation  on  the  signal  inten¬ 
sity  and  the  TRASE  image  quality.  In  practice,  for  in  vivo  brain 
imaging,  where  T2  is  much  shorter,  there  is  a  trade-off  between 
the  desired  image  resolution  and  the  amount  of  available  RF  power 
(and  hence  the  minimum  pulse  duration)  [20].  For  our  experiments 
at  a  Larmor  frequency  of  3.3  MHz  (0.078  T),  we  estimate  Ti  and  T2 
based  on  published  measurements  made  between  0.08  T  and  0.5  T, 
as  summarized  in  Table  1. 

Given  these  approximate  I2  values  for  brain  tissue  at  low  field, 
the  128-echo,  972.8  ms  echo  train  used  in  this  work  would  suffer 
heavy  attenuation  of  high-frequency  TRASE  k-space  points 
acquired  late  in  the  echo  train,  leading  to  severe  blurring.  However, 
as  a  mitigating  circumstance,  we  note  that  the  practical  use  of 
TRASE  for  brain  slice  encoding  would  not  require  128  slices. 
Acquiring  a  more  modest  number  of  slices,  such  as  32,  would  yield 
a  more  tractable  echo  train  length  of  243  ms,  greatly  reducing  the 
blurring. 

In  principle  there  are  ways  to  overcome  the  limit  imposed  on 
resolution  by  T2,  albeit  at  the  cost  of  increased  scan  time.  For  exam¬ 
ple,  as  suggested  in  Refs.  [19,47],  if  a  new  TRASE  coil  is  designed 
with  a  doubled  phase  gradient  slope,  it  can  be  used  to  acquire 
two  separate  echo  trains  (with  reduced  FOVs)  that  can  be  inter¬ 
leaved  to  encode  the  full  FOV.  The  two  separate  echo  trains  would 
be  acquired  with  an  opposite  order  of  the  alternating  coil  phase 
gradients.  While  each  of  these  echo  trains  will  generate  aliased 
images  due  to  the  reduced  FOV  (increased  A k),  the  interleaved 
dataset  will  encode  the  full  FOV.  This  approach  will  be  explored 
in  future  work  and  improvements  in  resolution  will  be  assessed. 

While  simple  swept  WURST  pulses  are  used  in  this  proof-of- 
concept  to  demonstrate  TRASE  in  an  inhomogeneous  B0  field,  there 
is  a  whole  class  of  composite,  shaped,  adiabatic,  and  optimal  con¬ 
trol  pulses  that  could  be  explored  for  enabling  TRASE  imaging  of 
broadband  samples  [48].  To  take  one  promising  example,  “sym¬ 
metric  phase-alternating”  composite  refocusing  pulses  with  equal 
duration  to  a  narrowband  hard  pulse  have  been  shown  to  provide 
increased  CPMG  signal  amplitudes  from  samples  with  wide  band- 
widths  [49].  These  refocusing  pulses  work  most  efficiently  when 
their  imperfections  are  compensated  by  an  “axis-matched”  excita¬ 
tion  pulse  [48]. 

The  bandwidth  of  the  TRASE  transmit  coil  array  imposes 
another  constraint  on  the  use  of  TRASE  in  highly  inhomogeneous 
B0  fields.  While  resistive  Q-spoiling  overcomes  this  limitation  for 
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purposes  of  the  present  work,  in  general  this  solution  may  be 
impractical  since  it  decreases  the  efficiency  of  the  coil.  A  more  ele¬ 
gant  approach  is  to  add  a  high-Q.  resonant  circuit  between  the  RF 
amplifier  and  the  RF  coil  and  inductively  couple  this  circuit  to 
the  resonant  coil.  If  the  two  resonant  circuits  are  appropriately 
overcoupled,  the  bandwidth  is  increased  with  only  a  modest 
impact  on  coil  efficiency  across  the  band.  The  approach  is  used  in 
Ref.  [50]  for  widening  receive  coil  bandwidth  (by  a  factor  of  5), 
but  it  is  equally  applicable  to  transmit  coils.  Another  potential 
solution  is  to  use  untuned  transmit  coils  and  custom  RF  power 
amplifiers,  an  approach  that  has  recently  been  explored  for  low 
field  imaging  [51]. 

Improved  decoupling  and  orthogonality  of  the  two  TRASE  coil’s 
fields  could  also  improve  performance.  In  the  echo  train  data 
acquired  here,  the  amplitude  of  the  even  and  odd-numbered  RF 
pulses  in  the  echo  train  had  to  be  adjusted  slightly  (a  few  percent) 
to  account  for  the  effect  of  an  undesired  concomitant  Bly+  field 
component  generated  by  the  Maxwell  coil  (collinear  with  the 
desired  birdcage  Biy+  field).  The  ratio  of  Maxwell  to  birdcage  B iy+ 
in  the  center  of  the  FOV  is  approximately  25%.  If  left  uncompen¬ 
sated,  this  Biy+  field  impacts  the  refocusing  pulse  accuracy  and 
the  resulting  TRASE  image  quality.  However,  varying  the  refocus¬ 
ing  pulse  does  not  completely  compensate  the  effects  of  the  Max¬ 
well  Biy+  field  because  the  field  varies  spatially  over  the  VOI.  In 
future  work,  we  will  strive  for  improved  decoupling  of  the  TRASE 
coils  and  better  orthogonality  between  the  field  components  gen¬ 
erated  by  each  coil  (Bi/  and  Biy+).  As  TRASE  phase  gradient  coils 
are  still  a  relatively  recent  innovation,  there  is  a  large  space  of 
potential  designs  to  explore.  We  plan  to  explore  different  coil 
geometries  and  wire  patterns  -  such  as  designs  based  on  the 
target-field  method  [52]  -  in  the  hopes  of  minimizing  concomitant 
fields  and  maximizing  the  FOV  usable  for  TRASE  imaging.  However, 
as  the  present  topic  is  the  use  of  swept  pulses  to  enable  TRASE  in 
an  inhomogeneous  B0  field,  we  considered  the  Maxwell-birdcage 
coil  sufficient  for  proof-of-concept  broadband  TRASE  imaging  in 
spite  of  its  obvious  flaws. 

In  this  work,  TRASE  image  reconstruction  is  performed  using  a 
simple  Fourier  transform.  However,  improved  image  fidelity  could 
potentially  be  achieved  by  incorporating  Bj  phase  gradient  nonlin¬ 
earity  [53],  \B\\  variations,  and  T2-decay  into  the  forward  model 
encoding  matrix.  Generalized  image  reconstruction  then  proceeds 
using  an  iterative  matrix  solver  such  as  the  conjugate  gradients 
algorithm  [54].  In  addition  to  reducing  image  artifacts,  the  gener¬ 
alized  reconstruction  would  allow  TRASE  encoding  to  be  incorpo¬ 
rated  into  flexible  encoding  schemes  that  also  use  B0  gradient 
encoding  with  linear  and/or  nonlinear  fields,  a  hybrid  approach 
that  our  group  has  begun  exploring  for  low  field  imaging  [40]. 
Using  a  single  encoding  matrix  to  explicitly  account  for  the  actual 
B\  and/or  B0  field  profiles  provides  maximum  freedom  for  design¬ 
ing  acquisition  schemes.  This  in  turn  has  the  potential  to  relax  the 
requirements  on  hardware  design  for  low  field  scanners. 


6.  Conclusion 

Proof-of-concept  ID  images  show  that  TRASE  phase  encoding  in 
a  highly  inhomogeneous  B0  field  is  possible  with  ordinary  RF 
power  levels  and  a  simple  spin  echo  pulse  sequence  using  WURST 
swept  RF  pulses.  TRASE  imaging  is  successfully  demonstrating  on 
phantoms  with  spin  bandwidths  too  wide  to  be  accurately  refo¬ 
cused  by  hard  pulses  (A B0/B0  ~  0.3%).  Using  a  correction  method, 
we  compensate  for  the  quadratic  phase  modulation  imparted  by 
the  swept  WURST  pulses,  enabling  the  entire  echo  train  to  be  used 
for  TRASE.  While  WURST  pulses  are  longer  than  hard  pulses  and 
lengthen  the  echo  train,  increasing  blurring  from  T2-decay,  this 
limitation  can  in  principle  be  partially  overcome  by  interleaving 
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multiple  spin  echo  trains  that  each  acquire  different  subsets  of  k- 
space.  The  swept  pulse  TRASE  approach  is  generalizable  to  2-D 
and  3-D  encoding  using  RF  transmit  arrays  with  B\  phase  gradients 
along  each  encoding  direction.  TRASE  provides  pure  Bj  encoding 
that  is  independent  of  the  B0  field  and  thus  does  not  need  to  dom¬ 
inate  B0  field  variation  over  the  sample,  as  in  conventional  B0  slice- 
select  and  readout  gradient  encoding.  TRASE  therefore  provides  an 
appealing  option  for  MRI  spatial  encoding  for  portable  low-field 
applications,  where  it  reduces  weight,  cost,  size,  and  power 
requirements  on  system  design. 
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